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Abstract 
 
As global life expectancy increases, so does the demand for new technologies to address healthcare 
issues associated with disease and degradation of biological tissues and organs. Implantation is still 
a heavily relied upon method but patient demand is far greater than donor availability. Tissue 
engineering continues to show promise as a potential alternative to the reliance on donors and is 
fundamentally based on the concept of using a patient’s own cells to create new, healthy tissue. 
Strategies often include incorporation of cells into 3D culture scaffolds as a means of replicating in 
vivo culture environments in vitro, thus stimulating expression of more native cellular phenotypes. 
Biopolymer hydrogels are popular tools for this approach due to lack of cytotoxicity, high porosity 
and a capacity to both introduce chemical cues and tune mechanical properties. Research, however, 
often focuses on culturing a single cell type and scaffolds often only exhibit a single mechanical 
property. Additionally, there is difficulty in delivering different chemical cues to a single 
encapsulated population due to limitations in controlling diffusion of small molecules through 
hydrogel matrices. This places limitations on the capacity to fabricate scaffolds for repair of complex 
layered structures comprised of multiple matrix components and cell types. The work presented in 
this thesis focuses on development of biopolymer hydrogel culture systems for providing cells with 
multiple chemical and mechanical cues. This could provide a platform for creating scaffolds for 
regeneration of more complex, layered structures such as articular cartilage and osteochondral tissue.  
Chapter 4 presents a study into using pulsed sonication to tune mechanical properties of hydrogel 
scaffolds of gellan gum (gellan). By applying different amplitudes of sonication, molecular weight 
was successfully tuned as evidenced by changes in intrinsic viscosity. This resulted in changes in 
both the dynamic viscosity of gellan solutions and the matrix stiffness and elasticity of gellan 
hydrogels. The impact on tuning mechanical properties of gellan hydrogels on cell behaviour was 
 II 
 
investigated using MC3T3 mouse pre-osteoblasts. A reduction in matrix stiffness via sonication 
coincided with a drop in expression of a key osteogenic marker, namely alkaline phosphatase. This 
demonstrated how tuning mechanical properties of gellan scaffolds with sonication could potentially 
be used to influence phenotype expression of many cell types with a possibility to influence cell 
differentiation. 
Chapters 5 and 6 build on this concept of manipulating mechanical properties to influence cell 
behaviour in vitro. Fluid gels are presented as a material for supporting deposition of biopolymer 
solutions for additive layer manufacturing of tissue culture scaffolds. The aim was to use this system 
to fabricate scaffolds exhibiting multiple mechanical properties and multiple cell types. Chapter 5 
presents development of the method with investigation into how fluid gel mechanical properties 
impacted on self-healing properties and a capacity to suspend gellan solutions. Furthermore, the effect 
of multiple deposition parameters (gellan viscosity, needle aperture and deposition speed) on the 
resolution of suspended structures was evaluated. Complex structures were fabricated including a 
mineralised gellan helix and layered, biphasic osteochondral-like scaffolds which were further 
investigated in Chapter 6. Cell-loaded, autologous osteochondral scaffolds were formed, implanted 
into human osteochondral tissue and cultured for 30 days. Analysis of mRNA expression revealed 
evidence of expression of chondrogenic and osteogenic phenotypes in the cartilage and bone regions 
of the scaffold. Moreover, there was evidence of an interface between both cell types and materials 
providing support to the conclusion that a 3D osteochondral culture model had been successfully 
generated.   
Chapter 7 presents an alternative approach to creating gradient structures such as an osteochondral 
tissue culture scaffold. A fluidic hydrogel system is presented for controlled delivery of multiple 
chemical cues to a single rBMSC population. Delivery of osteogenic and chondrogenic differentiation 
cues was controlled by restricting diffusion of small molecules through the porous hydrogel network. 
After 6 weeks of culture, rBMSC’s displayed evidence of controlled differentiation down both 
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osteogenic and chondrogenic lineages. Analysis of alkaline phosphatase activity paired with type I 
and II collagen mRNA synthesis revealed evidence of segregated populations of osteoblasts and 
chondrocytes. Additionally, there was evidence of an interface between the two, thus presenting 
another possible osteochondral culture model.  
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Chapter 1 – General Introduction 
1.1 Introduction to Tissue Engineering 
The average life span of the global population has increased in recent years as a result of medical 
advancements and improvements in technologies to prolong life (Wang et al., 2012). While this has 
resulted in an overall increase in quality of life, particularly in the developed world, there has also 
been a rise in occurrence of tissue disease and degradation (often associated with aging). Tissue/organ 
donation and transplantation is a method that is heavily relied upon to address such issues, but therapy 
is often hindered by issues such as donor availability, immune rejection or morbidity at the donor site 
(Vats et al., 2003). 
Tissue engineering has emerged as a promising field for addressing issues with transplantation. The 
main focus is on regeneration rather than replacement with an aim to restore and, in some cases, 
improve tissue function (Ma, 2008). Research within the field has grown rapidly over recent years 
with a wide variety of techniques explored but the underlying theory is often the same and involves 
attempting to replicate in vivo tissue development environments in vitro. An ideal therapeutic model 
for tissue engineering would involve isolation, extraction and expansion of cells from the patient 
requiring treatment, subsequent culture in fabricated structures and re-introduction to the target site 
leading to tissue repair. 
Due to their multipotency, mesenchymal stem cells (MSC’s) are often utilised in tissue engineering 
applications. MSC’s can be isolated from the bone marrow of patients and expanded in vitro while 
retaining multipotency. A population of MSC’s can then be manipulated by mechanical or 
biochemical cues to trigger differentiation into specific cell types (osteoblasts, chondrocytes, 
myoblasts and adipocytes), providing a platform for repair of a wide variety of tissues (Eberli and 
Atala, 2006). Cell numbers rapidly decline with age however, and extraction from bone marrow 
causes a great deal of patient discomfort (Caplan, 2007). As a result, there is also a large amount of 
 20 
 
research in the regeneration of tissue from native cell types which can be more easily isolated and 
cultured e.g. chondrocytes for cartilage tissue engineering or myoblasts for muscle (Wang et al., 2006, 
Conconi et al., 2005). While a range of cell types have been explored, the common aim is to design 
a cell culture environment that mimics extracellular matrix (ECM) properties so that tissue can be 
cultured using in vivo conditions in vitro. This work focuses on development of new approaches to 
regeneration of bone and articular cartilage tissue, two structurally different connective tissues. 
Therefore, composition and structure of both tissue types should be considered when designing 
potential new mechanisms for regeneration.   
1.2 Native Tissue  
Human tissue can be categorised as either connective, muscle, epithelial or nervous tissue. Each tissue 
type has a specific function and thus structural and mechanical properties vary amongst and within 
tissue categories (Voskerician, 2012). Bone and cartilage are connective tissues with specific cellular 
and material compositions. They often function in synergy with bone providing primary structural 
support and cartilage providing a gliding surface in joints and preventing damage to subchondral bone 
by acting as a shock absorber. However, both the cellular and ECM composition of bone and cartilage 
vary greatly in order to facilitate their differences in function.  
1.3 Bone Tissue 
A primary component of bone tissue is the extracellular matrix. Bone ECM is comprised of two main 
components, namely the inorganic and organic. The organic component of bone ECM is primarily 
formed by collagenous proteins, most of which is type I collagen. However, non-collagenous proteins 
(e.g. osteocalcin, osteonectin and osteopontin), growth factors, bone morphogenic proteins and 
proteoglycans such as decorin and biglycan are also present (Florencio-Silva et al., 2015). The 
resulting scaffold is mineralised by an inorganic component with a calcium based compound called 
hydroxyapatite (HA) deposited on the collagenous network (Fig. 1.1).  
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Figure 1.1- A cartoon representation showing the organisation of structural components in bone ECM (Gaharwar 
et al., 2016) 
Both components combine to create a matrix that is stiff, tough and has a high tensile strength. 
Deposited throughout bone ECM are four different cell types that interact with the matrix and play 
their own role in formation, maintenance and repair of bone tissue.  
1.3.1 Osteoblasts 
Osteoblasts account for approximately 4-6% of cells present in bone tissue and are heavily associated 
with early bone formation. The main role of an osteoblast is the synthesis and subsequent 
mineralisation of collagenous bone ECM (Capulli et al., 2014). In the early stages of bone formation 
osteoblasts synthesise and deposit collagenous proteins, primarily type I collagen, non-collagenous 
proteins such as osteopontin and osteonectin and proteoglycans including decorin and biglycan. An 
increase in activity of alkaline phosphatase (ALP), an extracellular enzyme, by osteoblasts promotes 
mineralization of the collagenous matrix. ALP both hydrolyses extracellular pyrophosphate and 
increases concentrations of intracellular phosphate (Bellows et al., 1991b). At this stage, osteoblasts 
are classified as being primary osteoblasts and are differentiated from mesenchymal stem cells located 
in bone marrow. Primary osteoblasts undergo maturation during osteogenesis which can be 
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characterised by changes in activity of multiple key markers for bone repair. Transition into mature 
osteoblasts is marked by a change in morphology and an increase in expression of other matrix 
proteins such as osteocalcin and osteopontin at the expense of ALP expression (Weinreb et al., 
1990a).  Mature osteoblasts continue to deposit bone matrix components until they are fully encased 
in ECM. At this point, mature osteoblasts halt proliferation and become osteocytes. 
1.3.2 Osteocytes 
Osteocytes are the most abundant cells in bone tissue accounting for 90-95% of all cells. They are 
embedded within bone ECM and can have a lifespan of up to 25 years. For many years osteocytes 
had been incorrectly assumed to have a passive role in regulation of bone tissue but more recent 
discoveries have highlighted osteocytes as regulators of bone formation and resorption. Osteocytes 
function as dendrites in bone tissue and can respond to mechanical strain and bone deformation by 
sending signals to trigger bone resorption and repair by osteoclasts and osteoblasts (Bonewald and 
Johnson, 2008). It is also thought that osteocytes can deliver signals to cells in bone marrow resulting 
in both the recruitment of osteoclast precursors and the differentiation of MSC’s (Heino et al., 2004). 
1.3.3 Osteoclasts 
Osteoclasts play a key role in resorption and remodelling in bone repair and are thought to function 
in synergy with osteoblasts. In the early stages of bone repair osteoclasts polarise along bone ECM 
to create a border known as a resorption domain. Proteinases are secreted into the domain by 
osteoclasts resulting in breakdown of proteins in the organic matrix. Acidification inside the domain 
also leads to demineralisation of the matrix and components are subsequently removed in vesicles 
and absorbed by osteoclasts which either undergo apoptosis or revert to a non-resorbant phenotype 
(Schindeler et al., 2008). Osteoclasts then secrete mediators which promote migration of MSC’s to 
the site and differentiation into osteoblasts. Cytokines are also secreted by osteoclasts which trigger 
recruitment of primary osteoblasts to the healing site (Gamblin et al., 2014). 
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1.3.4 Bone lining cells 
Bone lining cells are relatively inactive osteoblasts with a flattened phenotype present at the bone 
surface. They are not directly involved in bone repair or resorption and are thought to play a more 
protective role in maintenance of bone tissue. They prevent interaction between osteoclasts and ECM 
when healing is not required to ensure healthy bone is not resorbed and release calcium into bone 
tissue when supply from the blood is insufficient (Florencio-Silva et al., 2015).  
1.4 Articular cartilage tissue 
Articular cartilage serves as a shock absorbing tissue to prevent stress and damage in subchondral 
bone. Its primary components are water (up to 80% of weight), collagen (mostly type II with some 
type X – up to 20% of wet weight) and proteoglycans (up to 20% of wet weight). Water facilitates 
deformation of cartilage in a load-bearing manner and the amount present is critical. When cartilage 
contains too much water load-bearing capabilities are impaired leading to osteoarthritis (Liess et al., 
2002). Tensile strength of cartilage tissue is provided by collagenous proteins as in bone, while 
proteoglycans provide strength under compression. Matrix components are synthesised, deposited 
and maintained by chondrocytes creating a matrix that is comprised of 4 layers (Fig. 1.2). 
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Figure 1.2 - A schematic demonstrating the organisation of chondrocytes and collagen in four layers of articular 
cartilage tissue 
1.4.1 Superficial layer 
The superficial layer is the thinnest layer of articular cartilage and has the highest water content. It is 
covered by synovial fluid which acts as a lubricant providing a gliding surface (Buckwalter and 
Mankin, 1998). Additionally, surface topography of the superficial layer further facilitates 
lubrication. On a micro scale, the surface of superficial cartilage contains grooves that trap and 
maximise the volume of synovial fluid at a joint, thus increasing lubrication (Shekhawat et al., 2009). 
 Damage to the superficial zone leads to a change in mechanical properties and ultimately results in 
osteoarthritis. Chondrocytes in the superficial zone are flat and synthesise a much greater amount of 
collagen than proteoglycans. Collagen fibres are ordered and arranged in parallel to superficial 
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chondrocytes giving the matrix a high tensile strength. The layer also provides a barrier protecting 
articular cartilage from the immune system (Bhosale and Richardson, 2008b).  
1.4.2 Transitional zone 
This zone acts as a functional connection between the superficial and radial zones and accounts for 
40-60% of the cartilage volume. Transitional chondrocytes display a large, rounded appearance and 
are present at a low density. They synthesise and organise collagen into thick fibrils arranged in 
random, oblique structures and deposit proteoglycans to form the ECM. The transitional zone’s main 
function is to protect cartilage tissue against compressive forces (Fox et al., 2009). 
1.4.3 Radial zone 
The radial zone is approximately 30% of cartilage volume and provides the greatest resistance against 
any compressive force placed on the tissue. Chondrocytes in this zone are spherical and arranged in 
columns parallel to thick collagen fibres. The radial zone contains both the highest concentration of 
proteoglycans and the lowest water content, thus giving it high tensile strength (Fox et al., 2009). 
1.4.4 Calcified cartilage  
Calcified cartilage acts as a bridge between articular cartilage and bone. Within this region, collagen 
fibres present in the radial zone are anchored into subchondral bone (Bhosale and Richardson, 2008a). 
As such, the calcified layer contains an overlap between hyaline cartilage and subchondral bone and 
is often considered to be the focal point of an osteochondral interface. The osteochondral interface is 
key to the function of joints and serves to transfer forces into subchondral bone. It contains both bone 
and cartilage ECM components with sufficient interplay to prevent separation of the two tissue types 
in the presence of high shear stresses. Chondrocytes synthesise type X collagen providing 
subchondral bone with a capacity to absorb shock while subchondral osteoblasts calcify the matrix 
via increased ALP activity. Degeneration of osteochondral tissue often leads to osteoarthritis and, 
thus, research into osteochondral tissue engineering therapies is as widespread as individual bone and 
cartilage studies. Engineering of such tissues is complex and involves design of specific materials to 
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facilitate native cellular function. A tissue is a three dimensional structure because it develops in a 
3D environment in vivo. In order to engineer more native tissues in vitro it is therefore, necessary to 
replicate this using a 3D cell culture platform as opposed to conventional 2D flask culture. 
Intelligently designed tissue engineering scaffolds have therefore emerged as promising tools for 
replicating in vivo tissue culture environments in vitro (Carletti et al., 2011). 
1.5 Tissue Engineering Scaffolds  
Any scaffold for tissue engineering applications must exhibit a number of key properties in order to 
facilitate engineering of tissues with a native architecture. Generally, scaffolds must not inhibit 
normal cell behaviour such as, proliferation, differentiation, ECM production and they should act as 
a substitute for missing ECM by providing structural support to developing tissues. Requirements for 
a tissue engineering scaffold can, therefore, be divided into two categories, namely mechanical 
properties and microarchitecture.  
1.5.1 Mechanical properties 
Mechanical properties of a scaffold are key to success of tissue culture. Orientations of cells in a 
tissue and interactions with the surrounding matrix, both have an integral effect on their 
phenotype/behaviour. As a result it is desirable for cell culture scaffolds to exhibit mechanical 
properties similar to that in native tissue development environments. For example, a scaffold for bone 
regeneration should present a strong, stiff matrix with a high tensile strength. The influence of the 
mechanical properties of scaffolds have even been shown to directly influence stem cell lineage 
specification (Engler et al., 2006).  
Tissue culture scaffolds also need to have sufficient strength to withstand stresses placed by cells 
without undergoing significant deformation and maintaining shape during tissue development. 
Ideally, they should also have sufficient degradation properties to facilitate replacement by newly 
synthesised tissue or ECM (Hutmacher, 2000).   
 27 
 
1.5.2 Scaffold architecture 
Equally key to the success of tissue culture is scaffold architecture. Tissue culture substrates should 
display a microarchitecture that is reflective of native ECM. Porosity is integral to scaffold design 
with a necessity to facilitate introduction of nutrients, growth factors and other chemical cues and the 
removal of waste products. In some cases scaffolds also require sufficient porosity to allow cell 
migration through the network and vascularisation of developing tissues. Additionally, it may be 
necessary to consider the nanoarchitecture of a scaffold in the context of surface topography and 
chemistry as this can also have a profound impact on cell behaviour (Roach et al., 2007). 
Specific requirements vary depending upon the target tissue and scaffolds should be designed with 
native tissue architecture in mind. For example, it has been shown that a scaffold for bone engineering 
requires larger pores than that for endothelial cell culture (Karageorgiou and Kaplan, 2005, Salem et 
al., 2002). Such diversity in required properties has led to a wide variety of materials being researched 
for use as tissue engineering scaffolds. One such class of materials are biopolymer hydrogels, which 
have shown great promise as tissue engineering scaffolds and are the primary focus of this thesis.  
1.6 Current Developments in Bone and Cartilage Tissue Engineering 
The concept of using scaffold structures for repairing bone tissue has been recognised for over 40 
years with a wide variety of materials investigated. One of the most notable materials for bone tissue 
engineering is bioactive glass/bioglass first proposed by the late Prof. Larry Hench in 1971 (Hench 
et al., 1971). Since its inception, bioglass has been extensively researched and utilised as a material 
for implantation into the human body for bone repair. Bioglass is a non-crystalline ceramic comprised 
of a primary layer rich in silicon covered by a second layer that is rich in calcium phosphate (Schepers 
et al., 1991). Bioactive glass is described as being osteoconductive meaning it can serve as a scaffold 
around which new bone tissue can develop from existing bone. Bioglass can be seeded with multiple 
cell types and has been reported to degrade into products that show anti-bacterial and angiogenic 
activity (Baino et al., 2016). It is FDA approved and is used routinely to treat critical sized bone 
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defects. However, limitations have been observed due to mechanical weakness and insufficient load-
bearing strength. This has led to investigation into using materials more analogous of native bone 
tissue and ECM for induction of bone repair.  
1.6.1 Bone ECM-mimetic scaffolds 
While bioglass has shown a great deal of promise for bone regeneration, there is no single solution 
for the treatment of critical sized bone defects. As a result other materials have also been explored 
with a lot of focus on using materials present in bone ECM to design osteoconductive culture scaffolds 
with varying levels of complexity.  
On a simpler scale, research groups have designed osteogenic scaffolds formulated from one of the 
two principal components of bone ECM, namely type I collagen and hydroxyapatite. Seeding of stem 
cells into porous collagen scaffolds has been shown to induce osteogenesis. For example, Kakudo et 
al., (2008) demonstrated seeding ‘honeycomb’ collagen scaffolds with adult stem cells resulted in a 
mineralised collagen network in vitro. When stem cell-laden collagen scaffolds were implanted into 
mice, evidence of osteocalcin expression and activity was observed after 8 weeks (Kakudo et al., 
2008). This alludes to a presence of mature osteoblasts and relates to latter stages of bone formation. 
A second study revealed applying a mechanical load to pre-osteoblasts seeded on a collagen scaffold 
enhanced osteogenesis with an up regulation in several osteogenic markers such as osteocalcin, 
alkaline phosphatase and type I collagen (Ignatius et al., 2005).  
More recent studies have built on such results by designing substrates that further mimic the organic 
component of bone ECM. Non-collagenous bone ECM proteins such as fibronectin, osteocalcin and 
proteoglycans have been incorporated into collagen scaffolds with encapsulated cells showing even 
greater enhanced osteogenic activity (Kim et al., 2015, Murphy et al., 2010). 
A lot of research has also been conducted investigating the potential of designing osteogenic scaffolds 
comprised of inorganic bone ECM. Scaffolds of hydroxyapatite have been widely investigated both 
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with and without the incorporation cells. One notable study by Nishikawa et al., (2005) compared 
bone healing properties of porous hydroxyapatite scaffolds seeded with mesenchymal stem cells 
against acellular scaffolds (Yoshikawa and Myoui, 2005). At a time point of 8-weeks post 
implantation, rats treated with cell-laden HA showed a much greater degree of regeneration than those 
treated with HA alone. Bone unions were observed at the defect site paired with an increase in mineral 
density (Fig. 1.3). This was attributed to MSC’s in the cell-laden scaffolds undergoing differentiation 
into osteoblasts and subsequent synthesis of new bone ECM; something not possible in the absence 
of stem cells with the acellular scaffold. 
 
Figure 1.3 – Repair of bone defects in adult rats after 8 weeks treatment with acellular and MSC-loaded porous 
hydroxyapatite scaffolds (adapted from Yoshikawa and Myoui, 2005 with permissions from Springer) 
Combination of both major bone ECM components is perhaps the most successful method for 
replicating in vivo regeneration environments in vitro. Recent studies have demonstrated the potential 
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of combining both type I collagen and hydroxyapatite for greatly enhanced osteogenesis. Many 
groups have presented research demonstrating the native mechanical and biochemical properties of 
collagen/HA scaffolds and subsequent effects on promoting bone formation and maintenance. A 
notable example is successful regeneration of new, healthy periodontal bone with periodontal fibres 
and cementum, a highly complex structure (Liu et al., 2016). This was achieved via incorporation of 
MSC’s into collagen/HA scaffolds and implantation into beagle dogs. After 3 months, a 70% increase 
in periodontal bone regeneration was observed when compared with control samples of un-treated 
dogs.  
1.6.2 Progress in cartilage tissue engineering 
One notable example of progress in cartilage tissue engineering is the development of a clinically 
approved product named ChondroCelect®. ChondroCelect® has been used since 2011 in the treatment 
of adult knee defects. The treatment involves removal of chondrocytes from the patient via biopsy. 
The cells are then expanded in vitro and placed back into the patient defect which is sealed with a 
membrane, comprised of collagen. Despite successful clinical implementation, however, 
ChondroCelect® has been recently scheduled for removal from the market due to poor sales. This 
places further emphasis on the requirement of novel tissue engineering techniques for cartilage 
regeneration.  
While progress with both soft materials and hard ceramics has been made in the field of bone tissue 
engineering, a majority of research in cartilage regeneration involves the use of soft biopolymer 
hydrogel scaffolds (see Chapter 2 for further details). Focus tends to be on fabricating scaffolds that 
are reflective of the high glycosaminoglycan/GAG content of cartilage ECM, although some research 
has also been conducted on collagen scaffolds for cartilage regeneration.  
An example of research into collagen for cartilage tissue engineering involved the use of collagen 
scaffolds derived from jellyfish (Hoyer et al., 2014). Scaffolds were seeded with MSC’s and 
chondrogenic responses were analysed. Encapsulated cells deposited matrix components associated 
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with early chondrogenesis such as type II collagen and hyaluronic acid. Paired with an up regulation 
of genes coding for synthesis of mRNA for aggrecan and type II collagen, it was concluded that MSC-
laden collagen scaffolds could enhance chondrogenesis via chondrogenic differentiation and 
deposition of new cartilage ECM. However, the release kinetics of important growth factors for 
chondrogenesis in collagen have been shown inferior to those seen in other cartilage ECM materials 
(Haleem and Chu, 2010).  
One such material is hyaluronic acid and a number of research groups have investigated its potential 
for chondrogenesis. A study published by Jin et al., (2010) demonstrated the potential of using 
hyaluronic acid based substrates to enhance chondrogenesis (Jin et al., 2010). Bovine chondrocytes 
were encapsulated in hydrogels based on hyaluronic acid and polyethylene glycol and cultured for 21 
days. When compared with control samples, chondrocytes encapsulated in scaffolds showed 
enhanced levels of type II collagen and GAG expression with evidence of deposition throughout the 
matrix. While this shows promise, however, hyaluronic acid scaffolds implanted for in vivo 
chondrogenesis have been shown to degrade into by-products that can induce lysis and subsequent 
necrosis of chondrocytes (Haleem and Chu, 2010). 
Another class of materials explored for chondrogenesis is biopolymers as they are often chemically 
similar to GAG’s. GAG’s are polysaccharides formed of long, un-branched repeating chains often 
containing carboxylated and sulphated functional groups. Two such examples of chemically similar 
tissue engineering biopolymers are gellan gum and alginate, both of which contain carboxylate 
groups.  
Arguably one of the most notable applications of biopolymers in cartilage tissue engineering was a 
study published by Xue et al., (2013). Electrospun membranes were fabricated with gelatin and 
polycaprolactone (PCL) into the shape of a human ear and seeded with chondrocytes. Structures were 
then cultured in vivo using a mouse model before removal after 6-weeks cultivation. Removed tissue 
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retained an ear-like morphology (Fig. 1.4) with a similarity of over 91% to a titanium mould (Xue et 
al., 2013).  
 
Figure 1.4 – Tissue engineered ‘ear-like’ structures after 6 weeks subcutaneous incubation in mice (adapted from 
Xue et al., 2013 with permissions from Elsevier) 
1.7 Current Limitations in Engineering of Complex Tissues 
While such studies represent a great deal of progress in the field of tissue engineering, research tends 
to focus on regeneration of a single tissue. While this has led to advancements in areas such as repair 
of simple bone and cartilage defects, applications in regeneration of more complex structures are 
limited. A perfect example is the 4-tier structure of cartilage outlined in Fig. 1.2 where each layer 
contains a different cellular and structural composition. While regeneration of cartilage with single, 
homogenous scaffolds has shown promise, newly formed tissue often does not reflect native cartilage 
both structurally and mechanically (Moutos and Guilak, 2008). A similar issue falls in replication of 
the osteochondral interface (the critical interface between cartilage and bone) outlined in 1.4.4. A 
scaffold for osteochondral engineering would require multiple properties to facilitate simultaneous 
bone and cartilage ECM synthesis, with most current techniques falling short of such requirements. 
The work presented in this thesis has focused on the development of biopolymer hydrogel scaffolds 
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for regeneration of complex tissues with an aim to address current issues in in vitro replication of the 
heterogeneous in vivo environment for tissue development.  
1.8 Hypothesis, Aims and Objectives 
The overall aim of this work was to develop novel tissue culture methods using natural biopolymers 
to address current issues with regeneration of complex tissues. Consequently, this tested the 
hypothesis that naturally sourced biopolymers can be used to replicate complex in vivo environments 
thus facilitating fabrication of scaffolds that stimulate expression of native, tissue-specific cellular 
phenotypes. The main objective in testing this hypothesis was to study the effect of manipulating 
multiple scaffold properties in order to fabricate structures that further mimic in vivo environments 
in terms of material, cellular and chemical content. This was explored in the context of tissues such 
as bone, cartilage and the osteochondral interface.   
Initially, sonication was investigated as a method for tuning mechanical properties of gellan gum 
scaffolds. The effect of modifying matrix stiffness on cell behaviour in an osteogenic culture model 
was evaluated. Consequently, a model for modification of mechanical properties for specific tissue 
culture applications was outlined.  
Building on this, scaffolds composed of multiple materials and containing multiple cell types were 
fabricated using a novel rapid prototyping method. A system was developed using fluid gels as 
supporting media for ALM of biopolymer materials, with a study conducted on applications in human 
osteochondral tissue repair. 
Finally, an alternative approach to modelling the osteochondral environment was evaluated. Instead 
of fabricating scaffolds of multiple materials and cell types, a single, channelled scaffold containing 
a population of MSC’s was developed. Osteogenic and chondrogenic differentiation media were 
injected into separate channels with a view to trigger controlled simultaneous differentiation of 
osteoblasts and chondrocytes from a single MSC population within a single structure.  
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1.9 Thesis Outline 
This thesis consists of 2 further introductory chapters followed by 4 results chapters and a final, 
concluding chapter.   
Chapter 2 introduces biopolymer hydrogel scaffolds and their significance to the field of tissue 
engineering. Advantages of using hydrogels as tissue engineering substrates are outlined with a focus 
on a capacity to encapsulate cells in a micro-porous network that mimics ECM properties. Five 
separate biopolymers are discussed, namely gellan gum, agarose, alginate, collagen and gelatin, all 
of which are explored in later chapters. Chemical structures, physical properties and current 
biomedical applications of each biopolymer are detailed. 
Each results chapter contains data showing multiple rheological properties of biopolymer solutions 
and hydrogels. In Chapter 3, fundamental principles behind methods for the rheological 
characterisation of biomedical biopolymers are outlined. Details of the relationship between stress 
and strain in determining moduli in soft solid materials are presented along with flow models for 
pourable fluids. The principle of viscoelasticity and its relevance to hydrogel properties is described 
with a final section detailing intrinsic viscosity and how it can be determined and used to inform 
about molecular weight and rheological behaviour of biopolymers.  
The first results chapter is comprised of a study that is published in the International Journal of 
Biological Macromolecules (Moxon and Smith, 2016). Sonication was used to tune rheological 
properties of gellan gum hydrogels with a focus on the effects on tissue culture applications. Data are 
presented outlining changes in intrinsic viscosity, fundamental rheology and mechanical properties 
in a cell culture environment. Results conclude with a final study showing the effect of tuning gellan 
hydrogel properties on behaviour of encapsulated MC3T3 pre-osteoblasts.  
Chapters 5 and 6 builds on the principle of tuning mechanical properties to influence behaviour of 
encapsulated cells. An innovative ALM method for fabricating a single hydrogel structure containing 
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multiple materials and, thus, exhibiting varied mechanical properties is proposed. Chapter 5 focuses 
on method development and determination of mechanical boundaries for the system with Chapter 6 
presenting results from a study implementing this technique into an osteochondral tissue engineering 
model. Results highlight the potential benefits of using this technique to manufacture constructs for 
repair of complex, layered tissues.  
The final results chapter offers an alternative approach to engineering of complex, layered tissues. 
Channelled hydrogel structures are proposed for stimulating multi-lineage differentiation of stem 
cells within a single structure. The chapter details the development and initial evaluation of 
channelled hydrogels. A final study detailing results of inducing controlled, simultaneous 
chondrogenic and osteogenic differentiation from a single MSC population in a single structure is 
also outlined.  
Chapter 8 provides a final conclusion and details potential future work to build on each concept 
outlined in Chapters 4-7.  
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Chapter 2 – Biopolymer Hydrogel 
Scaffolds 
2.1 Introduction to Medical Biopolymers 
Biopolymers are polymers derived from a natural source. They are produced either by extraction of 
a fully synthesised polymer from a living organism or by chemical synthesis from a starting material 
of biological origin. They have many therapeutic applications ranging from drug delivery, wound 
healing, gene therapy and tissue regeneration (Reddy et al., 2015). The natural source of  biopolymers 
means end products harbour little cytotoxicity and degrade into benign products (Zopf et al., 2015), 
which has obvious advantages for use as a biomaterial biopolymers have a wide variety of 
applications in the field of tissue engineering and a number of biopolymer systems have been 
developed. The most notable forms are electrospun fibres, sponges and hydrogels, each with unique 
bulk properties and applications. Electrospun fibres, for example, are formed by ejecting biopolymer 
solutions through a needle with an applied electrical charge. Application of an electrical force triggers 
evaporation of solvent during ejection resulting in the formation of fibres (Zhu et al., 2015). This 
allows for fabrication of a scaffold that has the potential to mimic the fibrous structure of native ECM. 
However, there are issues associated with tissue culture applications of electrospun fibres.  One 
noteworthy disadvantage is a difficulty in incorporation of cells into electrospun fibrous networks 
(Lipson and Kurman, 2013). Without post-processing, electrospun fibrous scaffolds often lack 
sufficient porosity to facilitate infiltration and migration of cells making fabrication of cell-loaded 
structures challenging.  
Conversely, biopolymer sponges are highly porous and allow for cell seeding and migration without 
the requirement for post-processing (Reddy et al., 2015). Pore size is sufficient to allow for cell 
migration and delivery of nutrients, growth factors and chemical cues. Similarly, waste products can 
diffuse out of sponges. However, biopolymer sponges have been reported to exhibit insufficient 
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mechanical properties and a lack of structural stability for a number of tissue culture applications. 
Additionally, cells encapsulated in sponges have been shown to exhibit non-uniform phenotypes with 
one example demonstrating that chondrocytes seeded in sponges exhibit heterogeneity in terms of 
morphology (Yamada et al., 2012).  
This work focuses on hydrogels because they have the capacity to address a number of the issues 
associated with sponges and electrospun fibrous networks. Hydrogels can exhibit sufficient porosity 
to facilitate cell migration and diffusion of small molecules without post-processing modifications 
(Shachar et al., 2011).  Additionally, hydrogels have the capacity to exhibit sufficient mechanical 
properties to support a wide variety of tissue culture applications (Oliveira et al., 2010, Sakai et al., 
2007, Annabi et al., 2013). Also, cells encapsulated in hydrogels have been shown to exhibit uniform 
morphology with the previously mentioned Zhang et al. 2013 study demonstrating expression of a 
more native phenotype of chondrocytes in hydrogels versus sponges.    
2.1.1 Biopolymer hydrogel scaffolds 
A hydrogel is an organised, gelled polymer network with high (often >90%) water content (Coviello 
et al., 2007). Polymer chains in hydrogel networks are characterised as being swollen and hydrophilic 
and show varied levels of hydrophobicity dependent upon the polymer used. Generally, hydrogels 
are formed either by passage through a sol-gel transition or via phase separation (Ahmed, 2015). 
However, the biopolymers explored in this thesis form a hydrogel via sol-gel transitions. When a 
hydrogel is formed in this way, polymer molecules undergo conformational changes triggering a shift 
from a disordered solution to an ordered network of cross-linked polymer molecules. Consequently, 
passage through the sol-gel transition is characterised by a pronounced change in mechanical 
properties (Tsao et al., 2015, Ruel-Gariépy and Leroux, 2004). Cross-linking of polymer molecules 
can be triggered in a number of ways. 
Physical cross-linking of polymer molecules is often utilised in biomedical applications as it is a 
relatively gentle mechanism of forming hydrogels from natural polymers (Pereira et al., 2014). 
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Natural polymers disperse in water to form a disordered solution often initiated by heating or cooling, 
sometimes additionally mediated by ionic interaction. Upon changes in temperature, certain 
biopolymers can undergo a rapid phase transition from a disordered to an ordered conformation. The 
temperature at which this occurs is defined as the critical solution temperature. For some biopolymers, 
ionic interaction is required for cross-linking to occur. This can be triggered either with the addition 
of ions such as sodium and calcium or alternatively by incorporating a second polymer of opposite 
charge, resulting in complex coacervation. For example, alginate can be cross-linked with the addition 
of Ca2+ ions but it can also be cross-linked with a positively charged biopolymer such as chitosan 
(Çelik et al., 2016, Ghorbal et al., 2013).  
Natural biopolymers can also be modified to contain chemical groups (often methacrylates) that 
facilitate photo-crosslinking by exposure to UV light. When these modified biopolymers are exposed 
to UV light, free radicals are generated by energy transfer, initiating polymer network formation. 
However, free radicals can also react with proteins, DNA and cell membranes causing cell damage. 
Careful control must therefore be placed on the level and type of radiation used to initiate photo-
crosslinking of biopolymer networks (Fedorovich et al., 2009). 
Finally, polymers can also be chemically cross-linked into ordered networks. Similar to physical 
cross-linking, this involves the addition of cross-linkers to trigger gelation. However, chemical cross-
linking is mediated by direct interaction between cross-linkers and functional groups on a polymer 
side chain (Hezaveh and Muhamad, 2013). Natural or synthetic cross-linkers can be used to form 
covalent bonds between polymer functional groups. However, chemical cross-linking is rarely used 
in biomedical applications. This is due to chemical cross-linkers often harbouring cytotoxic effects, 
thus compromising viability of encapsulated cells. 
Biopolymers explored throughout this thesis are all examples of polymers that can be physically 
cross-linked. The ability to transition a biopolymer solution into an ordered, hydrogel network is 
something that is often exploited for tissue engineering applications. Cells can be seeded into 
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biopolymers in a sol state to create a cell-laden suspension. Gelation can then be triggered, thus 
fabricating a cell-loaded hydrogel scaffold. Such structures are promising tools for tissue engineering 
applications due to a number of advantageous properties. 
2.1.2 Porosity 
Porosity is important in a tissue engineering scaffold (see Chapter 1 Section 1.5.2) and hydrogel 
networks are often highly porous due to a large water content. This facilitates diffusion of nutrients, 
key growth factors and biochemical cues to cells as well as removal of waste products (Lee and 
Mooney, 2001). An example of a porous gellan hydrogel network is presented in Fig. 2.1. 
 
Figure 2.1– A freeze-dried, porous gellan gum hydrogel network observed with scanning electron microscopy/SEM 
Cell culture media can be placed onto a hydrogel surface and components diffuse through the porous 
network supplementing encapsulated cells. Waste products can also diffuse out through hydrogel 
matrices and be easily removed via aspiration. As a result, cells encapsulated in hydrogel scaffolds 
can be cultivated in the similar conditions as monolayer cultures where supplemented media is 
changed every 2-3 days.  
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2.1.3 Structural and mechanical properties 
Hydrogel scaffolds also have the capacity to replicate certain ECM properties. While the exact 
composition of ECM varies between tissues, certain primary components are present unanimously 
such as collagenous proteins and proteoglycans. Cells in native ECM are surrounded by hydrated 
proteoglycan gels that act as barriers against compressive forces. When encapsulated in biopolymer 
hydrogels, cells are presented with a similar environment comprised of a hydrated polymer gel 
network. The hydrated network can withstand compressive forces from cells without undergoing 
significant deformation. Additionally, external mechanical loads placed on a hydrogel network can 
trigger mechanotransduction in encapsulated cells leading to expression of tissue-specific genes 
(Drury and Mooney, 2003). 
Furthermore, cells encapsulated in biopolymer hydrogels have been widely reported to synthesise and 
deposit collagen into the surrounding matrix (Bhat and Kumar, 2012, Bian et al., 2011). This results 
in a 3D environment containing both hydrated polymer gels and a collagenous network, further 
reflecting native tissue culture conditions.  
As well as providing support during culture of new tissue, certain biopolymer hydrogels such as 
alginate also undergo degradation which can potentially facilitate replacement by newly synthesised 
ECM in vivo Furthermore, the mechanical and physical properties can also be easily tuned to suit the 
tissue to be cultured (Drury and Mooney, 2003).  
2.1.4 Tunability  
Porosity, stiffness and elasticity of hydrogels are all directly related to the polymer used for 
fabrication. Modifying hydrogel formulations is an efficient method for tailoring gel properties for 
tissue specific applications. Mechanical strength can be effectively tuned by changes in either 
polymer concentration or changes in concentration of any required cross-linkers. Hydrogel networks 
are formed by cross-linking of polymer molecules. Increasing concentration of either polymer or 
cross-linker (where required) results in a larger quantity of such interactions, thus enhancing gel 
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strength. Some polymers require ionic interactions to facilitate cross-linking and, in such cases, an 
increase in ionic concentrations further promotes cross-linking of molecules resulting in a gel with 
greater mechanical strength. Similarly, changes in polymer or cross-linker concentrations can be used 
to tune hydrogel porosity by directly modifying density. An increase in either concentration results 
in a hydrogel of greater density (Chavda and Patel, 2011). Density and porosity are inversely related 
such that in increase in density leads to a reduction in porosity (Hall and Hamilton, 2015). Therefore, 
both mechanical strength and porosity of biopolymer hydrogels can be easily tuned with 
modifications in polymer/cross-linker concentration. This, therefore, aids the design of biopolymer 
scaffolds with tissue-specific structural and mechanical properties. 
 Changes in polymer/cross-linker concentrations, however, can affect cell behaviour, even in 
hydrogels formed by physical cross-linking. For example, Çelik et al., (2016) demonstrated that 
increasing CaCl2 concentrations in alginate hydrogels had a negative effect on cell behaviour (Çelik 
et al., 2016). Alginate hydrogels with high ionic content exhibited a greater density of cross-linking 
leading to nutrient depletion, a significant reduction in intracellular space and inadequate 
oxygenation. While this presents potential issues, it has also been shown that hydrogel properties can 
be easily tuned without modifying polymer/cross-linker concentration (Taylor et al., 2012, Moxon 
and Smith, 2016).  
Many biopolymer substances have been investigated for the fabrication of tissue-culture scaffolds 
with natural polysaccharides, proteins and synthetic polymers explored extensively. This work will 
focus primarily on two natural polysaccharides, namely gellan gum and agarose, with a third 
polysaccharide and two proteins (alginate, collagen and gelatin respectively) briefly explored for 
tissue culture applications.  
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2.2 Polysaccharide Hydrogels 
2.2.1 Gellan gum  
Gellan gum (herein referred to as gellan) is a microbial extracellular polysaccharide extracted from 
multiple genus and species of the bacteria, the most common being Pseudomonas elodea and 
Sphingomonas elodea. The chemical structure of gellan is comprised of a repeating tetrasaccharide 
unit containing a molar ratio of 2 D-glucose:1 D-glucuronic acid:1 L-rhamnose (Fig. 2.3). Gellan 
polymer units carry a net negative charge due to the presence of carboxylate groups on glucuronic 
acid residues (Stevens et al., 2016). Two types of gellan are commercially available, high acyl gellan 
and low acyl gellan with names relating to the degree of acetylation (Fig 2.2).  
 
Figure 2.2 - The chemical structure of the tetrasaccharide repeat of low acyl and high acyl gellan (reproduced 
from Stevens et al. 2016 with permissions from Elsevier) 
Both forms of gellan form polymer hydrogel networks but mechanical properties vary significantly. 
Hydrogels of LA gellan are generally strong, stiff and brittle while HA gellan networks are soft, 
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elastic and ‘putty-like’ (Morris et al., 2012) due to fundamental differences in gelation mechanics of 
each polymer.  
Gelation of gellan is mediated by temperature and cationic linking of polymer helices. When 
dispersed in deionised water at temperatures greater than 80°C, molecules of gellan adopt a disordered 
conformation. Upon cooling, gellan undergoes a rapid phase transition from random coiled structures 
to more ordered double helices. In the absence of cations, solutions of gellan remain in this phase. 
Introduction of cations results in aggregation and cross-linking of gellan helices with multivalent ions 
creating stronger, more stable gels than monovalent cations. Additionally, it has been previously 
demonstrated that the ions present in cell culture media are sufficient to trigger gelation, thus allowing 
for formation of a hydrogel saturated with cell supplements (Smith et al., 2007). It is thought that 
monovalent ions ions such as Na+ suppress the repulsive charge exhibited by carboxyl groups located 
on glucuronic acid residues, thus facilitating aggregation. Divalent ions such as Ca2+ act as junctions 
between polymer helices forming stronger cross-linking by directly bridging carboxylate groups (Fig. 
2.3).  
 
Figure 2.3 - A cartoon representation of phase transitions of gellan molecules from random coils to an ordered, 
cross-linked network during hydrogel formation 
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However, the presence of acyl groups in HA gellan is thought to inhibit ion-mediated gelation by 
blocking aggregation of helices resulting in formation of softer, more elastic gels. Conversely, a lack 
of acyl groups in LA gellan facilitates helix aggregation allowing for formation of a stiff hydrogel. 
As a result, low acyl gellan is predominantly used for tissue engineering as scaffolds need to provide 
significant support for developing tissues. Categorising a matrix as soft or stiff is a highly subjective 
process, however and is subjected to interpretation with each application of a material. In the context 
of this work hydrogels exhibiting a modulus on the kPa scale and above are considered ‘stiff’.   
2.2.2 Agarose 
Agarose is the primary gelling agent in agar and is used widely in microbiology. It is extracted from 
red algae/seaweed with the main sources being Gelidium and Gracilaria genera. It is commonly used 
in biology for procedures such as gel electrophoresis of PCR products with recent promise shown as 
a tissue engineering scaffold.  
Chemically, agarose is a hydrophilic, linear polysaccharide with no significant net charge. Polymer 
molecules are comprised of a repeating disaccharide unit of β-D-galactose and α-L-3,6-
anhydrogalactose as shown in Fig. 2.4 (Ghorbal et al., 2013). 
 
 Figure 2.4 - Chemical structure of the repeat unit of agarose shows the 1,3 linked β-D-galactose residue and the 
1,4 linked 3,6-anhydro-α-L-galactose residue (reproduced from Thermo Fisher Scientific) 
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When dispersed in deionised water (pH 7.8) at temperatures above ~80 °C agarose molecules are in 
a disordered state. Gelation of agarose is triggered by cooling leading to self-assembly of ordered 
polymer helices facilitated by conformational changes in molecular structure. Helices aggregate and 
cross-link independent of ionic content. 
Agarose has a similar capacity to form hydrogels as gellan in terms of required concentration with a 
capability to undergo sol-gel transitions into ordered polymer networks at concentrations of <1% 
w/w. Mechanical properties of agarose hydrogels can be easily tuned with variations in polymer 
concentration with a capacity to form strong, durable and highly porous scaffolds. Agarose hydrogels 
are prone to syneresis (loss of water through gel contraction) but this has not been reported to have a 
significant impact on tissue culture applications.  
2.2.3 Alginate 
Alginate is a polysaccharide found in seaweed and often extracted from a class of brown algae called 
Phaeophyceae. It is a linear polysaccharide comprised of two different uronic acid residues β-D-
mannuronate and α-L-guluronate that occur randomly throughout the polymer chain as blocks of 
guluronate, blocks of mannuronate and heteropolymeric blocks of both monomers  (Park et al., 2009). 
(Fig. 2.5).  
 
Figure 2.5 - Chemical structures of G and M block confirmations in alginate (reproduced from Park et al., 2009 
with permissions from Elsevier) 
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Alginate has an affinity for divalent cations and can physically cross-link in the presence of divalent 
cations such as Ca2+ to form a gel.  Cross-linking of alginates is mediated by interactions between the 
cations and carboxylic acid groups in the G-blocks. As such, ratios of G and M blocks in alginate 
have a direct impact on subsequent hydrogel strength with ‘high-G’ alginate producing stronger gels 
than ‘low-G’ alginate (Park et al., 2009). Depending on the source, M/G ratios of alginates can vary 
with a range of 10%-75% G alginates commercially available. Additionally, it has been shown that 
the so called ‘blockiness’ of alginate polymer chains can influence gel mechanical properties (Funami 
et al., 2009). NMR spectroscopy of alginate has been previously used to determine the frequency of 
monad (G or M), diad (GG, MM, GM, MG) and triad (MMM, GGG, MMG, MGG, GGM, GMM) 
blocks in alginate polymer chains (Grasdalen et al., 1981).  By determining such frequencies, the 
average G block length can be determined. This has been shown to directly influence mechanical 
properties with longer G block alginates producing stronger, stiffer gels than shorter G block 
alginates.  
Alginate is often explored for tissue engineering applications due to desirable gelation properties. 
Cell suspensions can be mixed with alginate solutions and gelled into cell-loaded hydrogel constructs 
in a controlled manner, as unlike gellan culture media does not trigger gelation. This is because the 
concentration of calcium ions in cell culture media is not sufficient to initiate gelation. Introduction 
of additional divalent cations is required and this results in aggregation and cross-linking of G-blocks 
and a transition from a disordered sol to ordered gel phase. Relatively low concentrations of alginate 
(typically between 2% and 5% w/w) are required for fabrication of tissue culture scaffolds, albeit 
slightly higher than is required for gellan and agarose.  
 49 
 
2.3 Protein Hydrogels 
2.3.1 Collagen 
 Collagen is the most abundant protein in mammals and acts as the main structural component in 
connective tissues. To date 29 different types of collagen have been identified, each with a unique 
amino acid sequence (Chattopadhyay and Raines, 2014). However each type shares a generic 3D 
structure of 3 polypeptide chains wrapped in a left-handed helix (Fig. 2.6). Hydrogen bonds between 
chains stabilise helices with each chain containing approximately 1000 amino acids. Chains contain 
a common amino acid sequence of Gly-X-Y where X and Y can be any amino acid. High glycine 
content of collagen polypeptide chains allow for tight packing into structure of high tensile strength. 
 
Figure 2.6 - A simplified representation of a left-handed collagen triple helix 
Type I collagen, often sourced from rat tails, is the predominant choice for biomedical applications 
and is classed as a fibrous collagen due to an ability to undergo fibrillogenesis (formation of collagen 
fibrils). During this process collagen molecules adjacently pack together into a tight structure. 
Segments at the end of collagen molecules form cross-linking bonds between 2 C-terminus residues 
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of one collagen molecule and 2 N-terminus residues of another. This results in a fibrous network of 
high tensile strength. 
Gelation of purified collagen biomaterials is complex and often involves control of pH and 
temperature. As with many protein gels gelation is triggered by an increase in temperature. Thus, 
physiological temperature can often be utilised to trigger gelation. As a result, collagen has numerous 
biomedical applications and has been extensively explored as a material for bone and cartilage tissue 
engineering (Murphy et al., 2010, Rodrigues et al., 2003, Dai et al., 2010).  
2.3.2 Gelatin 
Gelatin is a protein manufactured primarily from type I collagen in bone. It is highly soluble in water 
and available in two types, type A (treated with acid) and type B (treated with alkali). Variance in 
production of types of gelatin results in a different isoelectric point (pH at which the molecule carries 
no net charge). The isoelectric points of types A and B are ~8.0 and ~4.9 respectively resulting in 
different charges exhibited at physiological pH (Ghosh, 1927, Hitchcock, 1924). As a result, each 
type of gelatin will exhibit a different charge at physiological pH. This can subsequently impact on 
cell culture applications with charge density of tissue culture scaffolds shown to directly influence 
cell attachment to the matrix (Schneider et al., 2004). 
The structure of gelatin is comprised of partially reformed collagen helices as a result of denaturation 
of native collagen in the production process. Gelation is triggered by cooling gelatin solutions 
triggering a transition from random coils to more ordered structures with confirmations reflecting that 
of native collagen. Gelatin molecules penetrate each other, however, thus preventing a full reversion 
back into collagen (Guo et al., 2003). A representation of fundamental differences in helix 
confirmations of gelatin and collagen is illustrated in Fig. 2.7.  
In summary, both gelatin and collagen are comprised of the same primary structure, i.e. ‘Chain A’ in 
collagen has the same amino acid sequence as ‘Chain A’ in gelatin. However, because gelatin is 
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denatured from collagen, the tertiary structure of gelatin is much less ordered and is not comprised of 
the organised, left handed helix observed in collagen.  
 
Figure 2.7 - A simplified representation of conformational differences between collagen and gelatin helices 
Temperatures used in the extraction process of gelatin influence molecular weight, resulting in a 
‘bloom value’. A higher bloom indicates a higher molecular weight and, thus, stronger gels can be 
formed.  
2.4 – Recent Innovations in Tissue Engineering Applications of Biopolymers 
Each material introduced in section 2.3 exhibits unique properties that can be manipulated for tissue 
engineering applications. This has led to a variety of innovative studies that represent significant 
progress in the use of biopolymer hydrogels for tissue regeneration. 
Arguably, one of the most exciting recent advancements in tissue engineering is the incorporation of 
biopolymers into rapid prototyping mechanisms such as 3D printing and additive layer manufacturing 
(ALM). Such methods have been widely used in other industries with 3D printing becoming a major 
manufacturing technique (Lipson and Kurman, 2013). Rapid prototyping of tissue culture scaffolds 
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could provide a promising way of creating complex, customisable 3D structures for treatment of 
patient specific tissue defects. Consequently, various studies have been conducted demonstrating the 
potential applications of rapid prototyping in tissue culture scaffold fabrication.  
One such example by Zopf et al. (2015) used the gelation properties of collagen hydrogels in the rapid 
prototyping of patient specific implants for subcutaneous cartilage regeneration (Zopf et al., 2015). 
As mentioned previously (section 2.3.1), collagen hydrogels undergo a sol-gel transition when 
temperature is increased. This means cell-loaded collagen hydrogels can be fabricated by seeding a 
cell/collagen suspension at room temperature and placing in a cell culture incubator at 37 °C to trigger 
gelation. In this study, patient-specific scaffolds were designed by computer aided design (CAD). 
Based on CAD models, 3D porous structures were fabricated from fibrillogenesis (PCL). Scaffolds 
were then seeded with chondrocytes suspended in a collagen solution and transfer into a cell culture 
incubator triggered collagen gelation via an increase in temperature. Consequently, a complex and 
implantable 3D structure was created containing a chondrocyte-loaded collagen hydrogel supported 
by a PCL porous network. Scaffolds exhibited sufficient mechanical properties to allow for 
subcutaneous implantation and retained structure post-implantation (Fig. 2.8). Histological analysis 
of chondrocytes seeded in PCL-collagen scaffolds revealed evidence of chondrogenic responses 
comparable to those observed in native mouse tissue. Therefore, it was concluded that this represents 
a very promising new approach to manufacturing of patient-specific implants for repair of complex, 
subcutaneous cartilage tissue. 
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Figure 2.8 - CAD and subsequent manufacture of a cell-seeded collagen hydrogel supported by a porous PCL 
network and implantation into an in vivo culture model (reproduced from Zopf et al. 2015 with permissions from 
SAGE Publishing)  
Gelation properties of gelatin have also been manipulated for rapid prototyping of tissue culture 
scaffolds. One example is a study by Billiet et al. (2014) with the cooling-triggered gelation of gelatin 
utilised to allow 3D printing of a porous, gelatin scaffold (Billiet et al., 2014). By printing at 
temperatures below what was required for gelation (in this case printing at 24.5-30°C), it was possible 
to layer fibres of gelatin on top of each other, thus fabricating a highly porous scaffold. It was also 
demonstrated that gelatin seeded with human hepatocytes could be printed to form a cell-loaded 
scaffold with encapsulated cells showing high viability (Fig. 2.9).  
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Figure 2.9 – High viability (indicated by green fluorescence) of human hepatocytes encapsulated in a 3D printed, 
porous gelatin scaffold. A) shows bright field microscopy images of the ordered ‘waffle-like’ scaffold architecture 
while B) shows live human hepatocytes attached to the scaffold network (reproduced from Billiet et al. with 
permissions from Elsevier – scale bar represents 500 µm)  
Additionally, evidence of native phenotype retention was demonstrated in the form of a high 
proliferative capacity, a characteristic hepatocyte marker. Scaffolds demonstrated tunable mechanical 
properties and retained structure throughout a 14-day culture period. This, therefore, represents 
another promising way in which tissue culture scaffolds can be fabricated from biopolymers. 
Theoretically, gelatin could be seeded with a range of cell types and printed to form a customisable, 
porous scaffold. While this study focussed on liver tissue, it is feasible that cell types such as 
osteoblasts or chondrocytes could be incorporated to create bone and cartilage scaffolds.  
Another promising avenue for exploration of biopolymers in tissue culture is materials that can 
undergo gelation in situ. This can facilitate the injection of a cell-laden biopolymer solution into tissue 
defects where hydrogel formation is triggered by physiological conditions such as temperature, pH 
or ionic interactions (Zhu et al., 2015). Gellan, for example, can be gelled by either ionic interactions 
or changes in pH and gelation is temperature dependent. As such it has been investigated for potential 
applications that utilise in situ gelation of cell-loaded tissue culture scaffolds. One study by Oliveira 
et al. (2010) highlighted the potential applications of in situ gelation of gellan in cartilage repair 
models (Oliveira et al., 2010). It was demonstrated that gellan gum solutions seeded with rabbit 
chondrocytes and stem cells could be injected as a solution into simulated rabbit cartilage defects. In 
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situ gelation was successfully triggered by temperature and ionic interactions. This resulted in 
formation of autologous cell-loaded gellan implants that fully filled simulated defects. Cells 
encapsulated in implanted hydrogels were shown to exhibit native chondrogenic phenotype with high 
expression levels of chondrogenic markers. Additionally, encapsulated cells displayed evidence of 
cartilage ECM synthesis with collagen and GAG deposition. This resulted in increased tissue repair 
with the greatest degree of healing observed in gels seeded with chondrogenically differentiated stem 
cells (ASC + GF – Fig. 2.10). This highlights the promise of gellan gum as a material for repair of 
cartilage defects, with in situ gelation properties allowing for injection and formation in vivo of cell-
loaded scaffolds.  
 
Figure 2.10 – Repair of rabbit cartilage defects using cell-loaded gellan gum hydrogels (reproduced from Oliveira 
et al. 2012 with permissions from John Wiley & Sons) 
To further facilitate native phenotype expression, another area of exploration is in modification of 
biopolymers that are not naturally cell adhesive such as gellan, alginate and agarose. Various studies 
have been conducted in chemically modifying such polymers to contain a cell-attachment motif, thus 
allowing cells to adhere to a hydrogel matrix. This is important for cell types where a key factor in 
native phenotype expression is proliferation as cells will not proliferate without the ability to adhere 
to a surface and progress through the cell replication cycle (Guadagno et al., 1993).  
One example of such a method is modification of agarose with cell-adhesive peptides derived from 
laminin (Yamada et al., 2012). Cell adhesive agarose gels with tunable matrix stiffness were 
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fabricated and seeded with multiple cell types of high proliferative capacity such as fibroblasts, 
neuronal cells and endothelial cells. All cell types displayed evidence of attachment and 
proliferation in modified agarose matrices, with the level of attachment observed to be directly 
proportional to matrix stiffness. More interestingly, seeding of modified agarose with neuronal and 
endothelial cells resulted in exhibition of native cellular phenotypes (Fig. 2.11). Neuronal cells 
attached to stiff agarose matrices displayed evidence of neurite development. This is a key step in 
neurogenesis and highlights the presence of developing neurons. Additionally, endothelial cells 
attached to stiff agarose matrices showed evidence of capillary formation. 
 
Figure 2.11 – Induction of native phenotype expression in neuronal cells (A-C) and endothelial cells (D-F) when 
seeded on modified cell-adhesive agarose matrices of varying matrix stiffness (adapted from Yamada et al. 2012 
with permissions from  Elsevier – scale bar = 100 µm) 
Therefore, by tailoring agarose hydrogels to contain a cell binding motif, it was possible to induce 
native cell behaviour that could not be obtained from un-modified agarose.  
Similar work has also been conducted with alginate, this time incorporating the RGD (arginine, 
glycine, aspartic acid) binding motif of fibronectin to create cell adhesive alginate gels for cardiac 
tissue regeneration (Shachar et al., 2011). In this study, rat cardiomyocytes were seeded into RGD-
modified and unmodified alginate gels and subsequently cultured. It was shown that RGD-alginate 
promoted adhesion of cardiomyocytes to the hydrogel matrix and prevented apoptosis. In comparison, 
 57 
 
cells were unable to attach to hydrogels composed of native alginate. More significantly, evidence of 
regeneration of ordered, myocardial tissue was observed in cells encapsulated within RGD-alginate, 
something not observed with cells in native alginate. Furthermore, cardiomyocytes in RGD-alginate 
synthesised an ordered network of myofibrils that was surrounded by non-myocytes. This was highly 
reflective of native myocardial tissue and such results were not observed in native alginate (Fig. 2.12). 
Therefore, this represents an intriguing development alginate scaffolds for myocardial tissue 
regeneration.  
 
Figure 2.12 – Organisation of cardiomyocytes and myofibrils in A) RGD-alginate, B) native alginate and C) native 
tissue (reproduced from Shachar et al. 2011 with permissions from Elsevier – arrows in A and B represent non-
myocytes (red), green represents cardiomyocytes in myofibril network 
While all the studies highlighted so far in this section represent a promising step forward in tissue 
engineering applications of biopolymers, one common limitation is shared. Each study involved the 
use of biopolymers to fabricate scaffolds for regeneration of a single tissue type. A lot of progress 
has been made in engineering of single tissue types using biopolymers but significantly fewer 
advances have been made in biopolymer models for layered/interfaced tissue repair e.g. the 
osteochondral interface. Some studies have reported developments in biopolymer scaffolds for repair 
of layered tissue. For example, Pereira et al. (2014) presented a layered hydrogel structure of un-
mineralised gellan and gellan mineralised with hydroxyapatite as shown in Fig. 2.13 (Pereira et al., 
2014). Differences in density between both materials were used to facilitate deposition of gellan on 
top of gellan-hydroxyapatite inside a mould. Gelation was then triggered with the addition of cations 
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to create a single structure. However, the construct did not contain any cells and the size/shape of 
each layer could not be easily controlled.  
 
Figure 2.13 – A layered gellan/gellan-hydroxyapatite scaffold for osteochondral tissue engineering (reproduced 
from Perreira et al. 2014 with permissions from Trans Tech Publications Ltd.) 
Studies outlined in this section highlight the many ways in which properties of biopolymers can be 
manipulated to suit tissue culture applications. This work aims to build on such progress to develop 
methods for culture of complex tissues from biomedical biopolymers.  
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Chapter 3 – Rheological Characterisation 
of Biopolymer Materials   
 
3.1 Introduction to Rheology 
The importance of the mechanical properties of tissue engineering scaffolds is well documented from 
a physical handling perspective and the influence on cellular function.  An important part of the work 
in this thesis therefore, involves physical characterisation of scaffold candidate materials performed 
using rheological techniques. This chapter outlines fundamental principles behind the rheological 
methods used to study each material. 
The literal translation of rheology is ‘flow science’ and is derived from the two Greek words ‘rheo’ 
and ‘logos’. Rheology can be simply defined as the study of the flow although, in reality, it is more 
complex. It is based on multiple principles and is valuable in the field of tissue engineering as it 
allows for determination of mechanical properties exhibited by potential scaffold materials (Rao et 
al., 1986). 
A fundamental concept to rheology is studying the way in which a material behaves under the 
application of stress. Materials can be classified as either ‘solid-like’ or ‘liquid-like’. For each 
classification there is an extreme that represents a ‘perfect’ material, namely a Newtonian fluid or a 
Hookean solid. Each model is based on the principle that the application of stress to a material results 
in strain (Han, 2007). By studying how a material responds to stress and strain it is possible to evaluate 
whether it can be classed as an elastic, ‘solid-like’ material or a viscous, ‘liquid-like’ material.  An 
elastic material will respond to applied stress by undergoing fractural deformation while a viscous 
material will respond by flowing. Therefore, stress and strain are integral to rheological 
characterisation of materials and it is important to understand how they influence mechanical 
properties of a material.  
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3.2 Stress and Strain 
By determining stress and strain, rheological properties of a material can be evaluated by 
extrapolating into a series of equations.  
Stress is force (F) applied per unit area (A) and can be determined using Equation 3.1.  
Stress (Pa) = F/A   Equation 3.1 
There are three ways stress can be applied. These are tension/compression, shear and bulk stress. 
Compression and tension are defined as the application of perpendicular force either towards the 
centre of mass (compression), thus shortening an object, or away from the centre of mass (tension), 
thus lengthening an object. Shear stress is longitudinal force and bulk stress is isotropic forces applied 
from all areas. Strain can be calculated using Equation 3.2 where ɭ is sample length prior to application 
of stress and ∆ɭ is the change in length. 
Strain (unitless) = ∆ɭ/ɭ   Equation 3.2 
Relationships between stress and strain can be used to determine mechanical properties of a material. 
Since the direction in which force is applied varies among each type of stress, the way in which 
mechanical properties are calculated also varies dependent upon the type of stress applied. By 
studying relationships between stress and strain, a value can be determined that represents the overall 
strength of a material. This is referred to as a modulus with each form of stress allowing for analysis 
of different moduli.   
3.2.1 Young’s modulus 
Young’s modulus (E) is determined by the application of perpendicular stress to materials either via 
tension or compression. It can be used to analyse the relative strength of solid materials with a defined 
size and shape and self-supporting capabilities. It is based on Hooke’s law which states stress is 
proportional to strain and independent of strain rate. A perpendicular force is applied to materials 
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resulting in compression and storage of energy. When the applied stress is released stored energy 
results in recovery (Wortman and Evans, 1965). A perfect example is a spring that undergoes 
deformation as a result of compression but exhibits full recovery when applied stress is released. 
Young’s modulus is calculated by dividing perpendicular stress by strain using Equation 3.3. 
     E (Pa) = τ/ε   Equation 3.3 
3.2.2 Shear modulus 
Shear modulus (G) utilises shear stresses to determine mechanical properties. Materials characterised 
by shear modulus are often soft and not fully self-supporting and, thus, G is more useful in soft 
materials such as biopolymer gels than Young’s modulus. In determination of G, materials are 
subjected to longitudinal forces (shear stress) resulting in deformation through a specific angle (θ). 
The resulting shear strain exhibited by a material as a result of shear stress is calculated using 
Equation 3.4 where θ represents angle of deformation and ∆ɭ and ɭ represent the tangential 
displacement and sample thickness respectively.  
γ = ∆ɭ/ɭ = tan(θ) = θ  Equation 3.4 
From calculation of shear strain, G can be determined using Equation 3.5 where σ represents shear 
force and γ represents shear strain. 
G (Pa) = σ/γ   Equation 3.5 
3.2.3 Bulk relaxation modulus 
Bulk modulus (K) is rarely used in characterisation of soft materials such as biopolymer gels but it is 
based on the principle that all matter can undergo compression. It is defined as the modulus of volume 
expansion. When isotropic stresses are placed on solid materials, a relative change in volume is 
observed. The ratio of the two is defined as the bulk compression modulus and can be calculated 
using Equation 3.6, where bulk stress is represented by σv and volumetric strain is represented by ɛv. 
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     K (Pa) = σv/ɛv   Equation 3.6 
Differences between the three types of stress used to determine moduli of materials are summarised 
in Fig. 3.1. 
 
Figure 3.1 – A schematic demonstrating differences between types of force applied in longitudinal, lateral and 
isotopic stress testing of solid materials (Mahdi, 2016) 
3.3 Rheological Analysis of Biopolymers 
In order to successfully interpret rheological analysis of materials such as biopolymers, it is necessary 
to understand fundamental principles that measurements are based on. The concept of materials 
exhibiting ‘liquid-like’ or ‘solid-like’ behaviour is based on characteristics such as viscosity and 
elasticity. These are key principles and form the basis of many rheological measurement techniques, 
including those used throughout this thesis.  
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3.3.1 Viscosity 
Viscosity can be defined as resistance to flow. It is a direct result of interactions between neighbouring 
molecules resulting in entanglement (Lewis, 1996). Calculation of viscosity is based on Isaac 
Newton’s principle stating the flow of a liquid is directly proportional to the applied stress. Therefore 
viscosity can be determined by using Equation 3.7 where η represents viscosity, σ represents shear 
stress and γ̇ represents rate of shear.  
   η (Pas) = σ/ γ̇    Equation 3.7 
 
Consequently, a Newtonian fluid exhibits a viscosity that is fully independent of shear rate. Under 
certain conditions, some materials have the capacity to display Newtonian behaviour (such as water 
and oils). However, a truly Newtonian fluid is a theoretical principle and, in reality, materials exhibit 
Non-Newtonian behaviour when sufficient stress is applied. 
3.3.2 Newtonian vs. Non-Newtonian systems 
Non-Newtonian fluids exhibit shear rate-dependant viscosity i.e. as shear rate changes so does 
viscosity. There are multiple classes of Non-Newtonian systems which can be characterised by flow 
curves. Each model exhibits a specific required stress to trigger breakdown of molecular 
entanglements and subsequent flow of a fluid. This is defined as yield stress and biopolymer materials 
generally show Non-Newtonian behaviour when the yield stress is exceeded. (Poslinski et al., 1988). 
Non-Newtonian systems are therefore classified by relationships between shear rate and shear stress 
and the yield stress (Fig. 3.2).  
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Figure 3.2 – Flow curves outlining differences between flow behaviour of Newtonian and Non-Newtonian systems 
(Adapted from Miri 2011) 
 
Each classification of Newtonian and non-Newtonian system has a separate law for prediction of 
viscosity. However, each is adapted from the power law as it allows for analysis of shear thinning, 
Newtonian and shear thickening behaviour (Equation 3.8).  
     σ (Pa) = k γṅ   Equation 3.8 
In Equation 3.8, the consistency index and flow index are represented by k and n respectively. In a 
Newtonian system n = 1 while n > 1 represents a shear thickening (dilatant) material and n < 1 
represents a shear thinning material.  
If Newtonian flow is observed once a yield stress has been exceeded, a material is characterised as 
exhibiting behaviour of a Bingham plastic. Stress can be calculated using Equation 3.9 which involves 
modification of the power law to include yield stress (σo).  
σ (Pa) = σo + ηγ ̇    Equation 3.9 
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If viscosity of a fluid decreases as applied shear rate increases the material is described as showing 
shear thinning properties and is characterised as being pseudoplastic. When materials have a yield 
stress and then exhibit pseudoplastic flow this is described as Herschel Bulkley flow behaviour as 
shown in Equation 3.10.  
σ (Pa) = σo + k γṅ  Equation 3.10 
If viscosity of a material increases with an increasing shear rate it is known as a dilatant material. 
Biopolymer solutions however, generally exhibit pseudoplastic behaviour with the extent of shear 
thinning dependent upon multiple factors such as molecular weight, confirmation and net charge. 
Furthermore, viscosity of polysaccharide solutions can be varied without changes in shear rate by 
modifying polymer concentration or environmental factors such as pH and temperature (Koliandris 
et al., 2008). 
Reduction in viscosity by shear thinning is a result of the rate at which polymer chains become dis-
entangled and re-entangled. When polymer solutions are subjected to shear rates greater than the yield 
stress, the rate of dis-entanglement exceeds the rate of re-entanglement. This causes a transition from 
a constant entanglement density to a density that decreases with increasing shear rate resulting in a 
reduction in viscosity (Graessley and Shinbach, 1974).  
3.3.3 Characterising flow behaviour 
Rheological analysis can be used in order to evaluate if a fluid exhibits shear thinning or shear 
thickening behaviour when a yield stress is exceeded. One such example is a shear ramp which 
exposes a material to increasing shear rates at a constant temperature. As applied shear rate rises, the 
viscous response of a material is measured and is often termed as dynamic viscosity. If viscosity 
decreases with increasing shear rate, a sample is classed as shear thinning. Conversely, an increase in 
viscosity with shear rate indicates a material is shear thickening (Fig. 3.3).  
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Figure 3.3 – Typical changes in dynamic viscosity of shear thinning and shear thickening materials in response to 
increasing shear rate 
3.3.4 Intrinsic Viscosity  
Another key factor in determining rheological properties of a material is the intrinsic viscosity. 
Intrinsic viscosity can be simply defined as the degree to which a material (polymer molecule for 
example) contributes to the viscosity of a solution in which it is dispersed. It has a close relationship 
with molecular weight such that it is often used to determine molecular weight of biopolymers. 
Molecular weight and thus, intrinsic viscosity are fundamental to a material’s mechanical properties. 
This is because size of a polymer molecule has a direct effect on frequency of molecular 
entanglements and, thus viscosity. Additionally, molecular weight can also impact on the degree of 
crosslinking between polymer molecules, influencing the resulting modulus.  
Intrinsic viscosity, however, is not determined in the same way as dynamic viscosity. While 
previously outlined techniques involved loading samples in between two plates on a rheometer, 
analysis of intrinsic viscosity is performed with a viscometer. In this work, intrinsic viscosity was 
determined using an Ostwald Viscometer (Fig. 3.4). 
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Figure 3.4 – Cartoon representation of and Otswald Viscometer immersed in a water bath 
Viscometers are often immersed in a water bath at set temperature as intrinsic viscosity is highly 
temperature dependent. A series of polymer samples are diluted to increasingly lower concentrations 
(all low enough to prevent intermolecular interactions) and then viscosity measurements are 
extrapolated to a polymer concentration of zero. Each concentration is tested separately by pouring 
into a viscometer until there is sufficient volume to meet the ‘fill line’. Suction is then applied at the 
opposite end of the viscometer using a pipette bulb which pulls the sample (e.g. a biopolymer 
solution) through a capillary and to the ‘upper mark’. Suction pressure is then released from the 
pipette bulb causing the sample to flow to the ‘lower mark’. The time taken to flow from the upper 
to lower mark is recorded and used to determine relative viscosity which is the first step of calculating 
intrinsic viscosity. 
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The relative, ηrel and specific viscosities, ηsp are calculated as described in Equations 3.11 and 3.12 
respectively: 
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where t is the average (n=3) flow time of a sample solution at each concentration, to is the flow time 
of the solvent ( usually water or salt solutions when measuring intrinsic viscosity of biopolymers), ρ 
is the sample density at each concentration and ρo is the density of the solvent. Due to the low 
concentrations used in determining intrinsic viscosity, ρ/ρo = 1 . 
Measurements are then extrapolated to infinite dilution using both Equations 3.13 (Huggins, 1942) 
and 3.14 (Kraemer, 1938): 
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where the intrinsic viscosity [η] is taken as the mean of the intercepts from Equations 3.13 and 3.14 
and KH and KK are the Huggins (1942) and Kraemer (1938) constants respectively. An example of a 
Huggins Kraemer plot used to determine intrinsic viscosity is represented in Fig. 3.5. The intercept 
between both trends is taken as the intrinsic viscosity.  
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Figure 3.5 - An example of a Huggins/Kraemer plot used for determination of intrinsic viscosity (Reproduced from 
Harding, 1997 with permissions from Elsevier) 
3.3.5 Viscoelasticity  
Another important rheological property of biopolymer materials often investigated is viscoelasticity. 
A viscoelastic material is neither entirely Hookean nor Newtonian but instead exhibits intermediate 
properties. Consequently, viscoelastic materials display both ‘solid-like’ and ‘liquid-like behaviour. 
Due to this, mechanical properties of viscoelastic materials are best evaluated via techniques that 
allow for simultaneous analysis of both elastic and viscous responses to applied stress (Picout and 
Ross-Murphy, 2003). A popular method for studying viscoelastic responses in materials is the use of 
oscillating shear stress rheology.  
Rheological characterisation of viscoelastic materials using oscillation involves application of 
sinusoidal stress (or strain) to a sample immobilised between two plates. Commonly, the bottom plate 
remains stationary while the top plate applies an oscillatory stress. For the majority of techniques, the 
top, stress loading geometry is either a flat, parallel plate or a truncated cone and the geometry used 
can directly impact results obtained. This is due to differences in the ways stress is transmitted with 
parallel and coned plates.  When using a coned plate, stress is applied uniformly across the geometry 
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diameter. Consequently, stress is homogenously applied to a sample fixed between the top and bottom 
plate. However, with a parallel plate, applied stress is a function of the shear rate that is applied which 
can show variance dependent upon geometry diameter. Therefore, shear stresses at the outer radius 
of a parallel plate can vary to those applied at the inner radius (Ewoldt et al., 2015). It is, therefore, 
often advisable to conduct rheological analysis using a geometry that allows for application of 
uniform stress as subsequent evaluation of mechanical properties is heavily based upon how a 
material responds to applied stress.  
Stress is transmitted through a material as a result of applied sinusoidal strain. The manner in which 
transmission occurs can be subsequently used to determine material properties. Stress is dissipated 
by friction in viscous materials and transmitted in elastic materials. This results in different 
relationships between oscillation phases of stress and strain between viscous and elastic materials. 
Stress and strain are defined as being in phase for an elastic material and out of phase for a viscous 
material. Equation 3.15 can be used to determine sinusoidal shear stress with σo representing shear 
stress amplitude and δ, the phase lag. Angular frequency (rad/s) is represented by ω and t is the time 
corresponding to plate position.  
     σ = σo sin(ωt + δ)  Equation 3.15 
A purely elastic material displays no phase lag and, thus, δ = 0. Purely viscous materials exhibit a δ 
value of 90° due to viscous losses resulting in out of phase stress and strain (Miri, 2011). For a 
viscoelastic material, phase lag falls between 0 and 90° (Fig. 3.6).  
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Figure 3.6 – Differences in phase lag between stress and strain when transmitted in purely elastic, purely viscous 
and viscoelastic materials 
Biopolymer gels are good examples of viscoelastic materials and certain rheological measurements 
can be used to accurately define their properties. By studying in-phase and out-of-phase behaviour 
several key parameters can be derived that demonstrate mechanical properties. The elastic component 
of a viscoelastic material is represented by the elastic/storage modulus (Gʹ). This is representative of 
the amount of energy stored in a material and how much is recovered per stress/strain cycle. 
Conversely, the viscous component is represented by the viscous/loss modulus (Gʹʹ) and represents 
the amount of energy dissipated per cycle. Additionally, the overall stress response is represented by 
the complex modulus (G*) which is reflective of the ratios of stress and strain amplitudes regardless 
of storage or loss responses.   
Furthermore, Gʹ represents the ratio of in-phase stress divided by strain. In a Hookean model Gʹ is 
completely independent of oscillatory frequency or shear stress. However, viscoelastic materials such 
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as biopolymers show dynamic changes in Gʹ as a response to changes in frequency or stress.  Gʹ can 
be subsequently calculated using Equation 3.16.  
Gʹ (Pa) = (σ°/γ°) cosδ            Equation 3.16 
Conversely, Gʹʹ is defined as the ratio of out-of-phase stress divided by strain and can be calculated 
using Equation 3.17. 
Gʹʹ (Pa) = (σ°/γ°) sinδ            Equation 3.17 
Complex modulus can be determined by incorporating Gʹ and Gʹʹ into Equation 3.18. 
G* (Pa) = √(Gʹ)2 + (Gʹʹ)2          Equation 3.18 
Additionally, the complex modulus can be used to determine another key parameter in viscoelastic 
materials, namely the complex dynamic viscosity (η*). This is representative of the ratio between G* 
and the frequency of oscillation (ω) and can be calculated using Equation 3.19. 
     η* (Pas) = G*/ω   Equation 3.19 
More simply, Gʹ is a representation of how ‘solid-like’ a viscoelastic material is and Gʹʹ, how ‘liquid-
like’. For example, a solid gel exhibits a Gʹ that is higher than Gʹʹ as the material is more solid like. 
If Gʹ is much greater than Gʹʹ, a material is considered to be stronger than if the difference between 
them is smaller. Conversely, if Gʹʹ is higher the material is more liquid like. Based on relationships 
between Gʹ, Gʹʹ and η* in response to changes in oscillatory frequency, mechanical spectra of 
viscoelastic materials can be determined and placed into 1 of 4 classifications as outlined in Fig. 3.7. 
1. Dilute polymer solution – This classification is characterised by a dominance of Gʹʹ over Gʹ. Both 
moduli rise with increasing frequency while complex viscosity is independent of frequency. This is 
because, at such low concentrations, polymer molecules do not interact and become entangled, thus 
viscosity remains constant. 
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2. Concentrated polymer solution – At low frequencies, a concentrated polymer solution is also 
characterised by a dominance of Gʹʹ over Gʹ. However, as frequency increases, concentrated polymer 
solutions exhibit elasticity and Gʹ becomes greater than Gʹʹ. This is because, at low frequencies, there 
is sufficient time between each oscillation to allow detachment of entangled polymer molecules. As 
frequency increases, reduced time between each oscillation makes molecules become harder to 
detach, thus triggering a rise in elasticity. Dynamic viscosity of a concentrated polymer solution also 
transitions from being frequency independent to inversely proportional to frequency.  
3. Ordered polymer solutions – Ordered polymer solutions exhibit different relationships between 
Gʹ and Gʹʹ to concentrated solutions due to variances in how polymer molecules interact. In 
concentrated solutions, polymer molecules become entangled whereas ordered solutions are a 
network of rigid, ordered structures associated at junction zones. An ordered polymer solution is 
characterised by a Gʹ that is higher than Gʹʹ with both values being frequency independent. Viscosity 
decreases with increasing frequency and a weak gel can be poured, however an elastic response can 
be observed in response to small deformations.  Ordered polymer solutions have commonly been 
termed ‘weak gels’ due to a dominance of Gʹ over Gʹʹ. However, this term has come under recent 
debate due to behaviour exhibited by ordered polymer solutions in response to high stress. 
Conventional, ‘true’ gels respond to high stress by fracturing. Conversely, weak gels respond by 
flowing, thus exhibiting behaviour that is more typical of solutions rather than gels (Clark and Ross-
Murphy, 2009).  
4. True gel – Similar to a weak gel, a true gel exhibits a Gʹ that is higher than Gʹʹ, however differences 
between the two values is much greater. Viscosity also reduces with increased frequency but true gels 
are solid and cannot be poured.  
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Figure 3.7 – Differences in mechanical spectra exhibited by dilute polymer solutions, concentrated polymer 
solutions, ordered polymer solutions and true gels 
3.3.6 The linear viscoelastic region 
When determining mechanical properties of viscoelastic materials, it is also important to consider the 
linear viscoelastic region (LVR). The LVR is a stress range within which a material exhibits a 
proportional strain response (Coleman and Noll, 1961). Therefore, within the LVR, a viscoelastic 
material exhibits behaviour reflective of a Hookean model. Since storage and loss moduli are 
determined based on stress/strain relationships, Gʹ and Gʹʹ are unaffected by stresses within the LVR. 
However, when a viscoelastic material is subjected to stresses that exceed the upper LVR limits, large 
deformation is triggered and Gʹ often declines as a material undergoes fracture (Winter and Chambon, 
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1986). This is a direct result of large deformation triggering loss of Hookean behaviour. Strain 
becomes inversely proportional to stress (Fig. 3.8) and the sample often fails.  
 
Figure 3.8 – Commonly observed relationships between stress in strain both within and outside the linear 
viscoelastic region of viscoelastic materials 
It is often necessary to characterise the LVR of a viscoelastic material in order to allow for accurate 
determination of rheological properties. For example, in order to study the effect of oscillatory 
frequency to obtain mechanical spectra of a material, it is necessary to conduct measurements in a 
stress/strain range where a material exhibits elastic behaviour. If such a measurement is conducted 
outside the LVR, elasticity can be lost due to large deformation and fracture. Conducting such 
experiments within the LVR therefore allows for characterisation of relationships between 
viscoelasticity and molecular structure.  
3.3.7 LVR determination 
In order to determine the LVR, it is necessary to subject a material to range of shear stresses. Stress 
sweeps (or strain sweeps) are often therefore used. During a stress sweep a sample is kept at a constant 
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temperature but subjected to increasing oscillatory stresses. Strain responses to applied stress are 
measured and can be used to determine both Gʹ and Gʹʹ. Stress is gradually increased until a material 
exhibits a decline in modulus as a result of stress-triggered deformation (Fig. 3.9). This indicates an 
onset of non-linear elasticity and reveals the stress at which a material will begin to break down. 
 
Figure 3.9 – Trends in elastic and viscous moduli associated with a linear to non-linear transition in response to 
increasing shear stress 
The stress and strain ranges within which Gʹ and Gʹʹ remain constant represent the LVR. Once the 
LVR is determined subsequent rheological analyses can be carried out with an applied stress (or 
strain) that falls within this range. One such example is a frequency sweep which can be used to 
obtain mechanical spectra similar to those observed in Fig. 3.7.  
3.3.8 Frequency Sweeps  
During a frequency sweep, samples are subjected to changes in oscillatory frequency at a constant 
temperature and a constant stress or strain. Gʹ and Gʹʹ can be monitored in response to changes in 
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oscillatory frequency in order to determine mechanical spectra of the material as illustrated in Fig. 
3.7. 
3.3.9 Temperature sweeps 
Analysis of moduli within the LVR can also be used to determine gelation properties of a material. 
Through modification of parameters such as temperature or in situ introduction of crosslinkers, 
gelation can be initiated in a sample loaded onto a rheometer. To monitor gelation, shear stress (or 
strain) and oscillatory frequency are kept constant with Gʹ and Gʹʹ monitored temperature. Prior to 
gelation, polymer solutions exhibit a higher value of Gʹʹ and lower value of Gʹ. Progression through 
a sol-gel transition triggers a dramatic increase elastic modulus such that it becomes significantly 
higher than the viscous modulus. This is indicative of gelation into a solid, ‘true gel’ network that 
does not flow and is not pourable. Sol-gel transitions in biopolymers outlined in this thesis are 
triggered by a decrease in temperature (with the exception of collagen) and gelation profiles resemble 
that outlined in Fig. 3.10. 
 
Figure 3.10 – A diagrammatical representation of changes in elastic and viscous moduli during a characteristic, 
temperature-dependant biopolymer sol-gel transition 
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Analysis of modulus during cooling can be used to evaluate the gelation temperature of a material. 
This is important in tissue culture applications as the required conditions for gelation of a biopolymer 
scaffold should not compromise cell viability i.e. gelation temperature should, ideally, be ~37°C.  
Throughout this thesis, the significance of rheology in developing 3D culture models is outlined. 
Therefore, shear sweeps, stress sweeps, frequency sweeps and temperature sweeps are used 
extensively. Rheology is an effective way of determining properties such as matrix stiffness and 
elasticity. These are important factors to consider when studying viscoelastic materials such as 
biopolymer hydrogels. Such properties have a profound impact on cells encapsulated in 3D culture 
systems and, consequently, characterising rheological behaviour of biopolymer hydrogels is 
fundamental to the work in this thesis.  
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Chapter 4 – Tuning the Rheology of 
Gellan Gum Hydrogels for Cell Culture 
Applications 
 
Results presented in this chapter are published in the International Journal of Biological 
Macromolecules  
Moxon, S. R. & Smith, A.M. (2016) Controlling the Rheology of Gellan Gum Hydrogels in Cell 
Culture Conditions International Journal of Biological Macromolecules 84, pp. 79-86 
4.1 Introduction 
In previous chapters the importance of hydrogel mechanical properties to tissue engineering 
applications has been outlined. The modulus and elasticity of a gel, for example, are key to the 
successful engineering of a tissue with recent studies highlighting the integral role such properties 
have in determining in vitro cell behaviour (Wells, 2008). Certain tissue types develop much more 
efficiently in stronger, stiffer gels i.e. gels with a much higher elastic modulus (G′) while other tissue 
types are more suited to weaker, softer gels with a lower G′ value. This has previously been 
demonstrated in mesenchymal stem cell differentiation where matrix elasticity was shown to directly 
influence stem cell lineage specification (Engler et al., 2006). The exact mechanism behind how 
hydrogel/ECM mechanical properties influence cell behaviour is not fully understood but a complex 
system of cellular mechano-transduction provides a favoured hypothesis (Harley et al., 2008, Leipzig 
and Shoichet, 2009). It is theorised that cells apply tension and compression forces on a hydrogel 
matrix or native ECM. Through a pathway of mechano-transduction, cells are thought to be able to 
‘sense’ the required force to deform a matrix, thus determining matrix stiffness and elasticity. 
Isoforms of myosin II, an ATP-dependent protein involved in contraction of muscle, trigger tension 
in actin resulting in transmission of intracellular forces to the surrounding matrix via focal adhesions 
(Fig. 4.1).  
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Figure 4.1 – Schematic demonstrating cell attachment to ECM via integrin-fibronectin binding complexes and 
application of tension to the matrix by actin filaments 
While the exact mechanism is yet to be confirmed, many studies have been published highlighting 
the importance of scaffold mechanical properties in engineering of specific tissues. For example, it 
has been shown that engineering of bone tissue requires a strong and relatively stiff gel (Dessì et al., 
2013). Conversely, the engineering of tissues such as cardiac or corneal tissue requires a matrix to 
exhibit a much more soft and elastic environment (Rafat et al., 2012, Annabi et al., 2013). In order to 
optimise a hydrogel for culturing a specific tissue these factors should therefore be considered. Thus, 
by tailoring the mechanical properties of a hydrogel to suit that of the tissue to be cultured, an in vitro 
mechanical behaviour could potentially be exhibited that is more reflective of the in vivo environment. 
Generally, the main ways to achieve variations in mechanical properties of hydrogels are either 
through varying the concentration of crosslinking agents or varying the polymer concentration.  This 
can also impact on other factors however such as porosity and permeability as well as the osmotic 
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environment. A method of tuning mechanical properties without varying such factors could, 
therefore, be beneficial to the field.  
Previous studies on gellan gum have demonstrated tunability of rheological behaviour by the 
application of pulsed sonication to gellan solutions (Taylor et al., 2012, D'Arrigo et al., 2012). Energy 
transmitted by pulsed sonication is sufficient to break gellan molecules into fragments of lower 
molecular weight. This results in a reduction in multiple rheological properties such as viscosity of 
gellan solutions and stiffness of gellan hydrogels. However, the full extent to which rheology of gellan 
can be tuned by sonication has not been investigated. Furthermore, the potential effects of using 
sonication to modify gellan hydrogel matrix applications are yet to be explored in the context of 
tailoring mechanical environments to influence cell behaviour. This chapter highlights the effects of 
tuning gellan rheology using sonication on native phenotype expression by mouse pre-osteoblast 
cells.  
Mouse calvaria-derived/MC3T3-E1 cells are widely used in bone culture models. As osteoblast pre-
cursors, MC3T3’s have the ability to express multiple markers associated with osteogenic 
differentiation (Shiga et al., 2003, Choi et al., 1996, Franceschi and Iyer, 1992). One such marker is 
the expression of alkaline phosphatase/ALP which plays a key role in the deposition of calcium 
mineral deposits during osteogenesis. ALP promotes mineralisation by decreasing extracellular 
concentrations of pyrophosphate and increasing the concentration of inorganic phosphate (Golub and 
Boesze-Battaglia, 2007). A colorimetric assay based on hydrolysis of p-nitrophenyl phosphate to p-
nitrophenol by ALP can be used to determine its activity (Dean, 2002). Since matrix stiffness is 
integral to the success of tissue culture, varying mechanical properties could have an effect on 
expression of differentiation markers.  
In this study sonication was investigated as a mechanism to tune mechanical properties of gellan gum 
hydrogels cross-linked with cell culture media without altering concentrations used in the gelation 
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process. The effect of tuning matrix stiffness via sonication on ALP activity and viability of 
encapsulated MC3T3 cells was investigated. 
4.2 Materials and Methods 
4.2.1 Materials 
Cell culture plastics were purchased from Sigma-Aldrich (Dorset, UK). Differentiation supplements 
and TrypLE™ dissociation enzyme were purchased from Thermo Fisher Scientific (Runcorn, UK). 
Low acyl gellan gum, herein referred to as ‘gellan’, was purchased from Kalys (Bernin, France). The 
StemTAG™ colorimetric alkaline phosphatase assay kit used for determining ALP activity was 
purchased from Cambridge Bioscience (Cambridge, UK). All other reagents and cell culture media 
and supplements were purchased from Sigma-Aldrich (Dorset, UK) unless otherwise stated and used 
without further purification. 
4.2.2 Preparation of gellan gum solutions 
Gellan solutions were prepared in 200 ml batches of 1% weight for weight. A desired final mass was 
prepared using deionised water i.e. for a 200 ml 1% solution, 200 g of deionised water and 2 g of low 
acyl gellan gum powder were used. Deionised water was heated to 85 °C using a magnetic hotplate 
stirrer. Gellan powder was then dispersed slowly in the water to prevent clumping and stirred at 900 
rpm until fully dissolved. After complete hydration of gellan into solution, batches were re-weighed 
and any water lost through evaporation was replaced using a plastic Pasteur pipette. The gellan 
solutions were then transferred to airtight bottles and allowed to cool, preventing further evaporation.  
4.2.3 Sonication of gellan solutions 
Prepared solutions of gellan (1% w/w) were split into 20 ml aliquots in universal tubes. Pulsed 
sonication was applied using a Sonics Vibra Cell ultrasonic probe (Sonics®, Market Harborough, 
UK). A constant frequency of 20 kHz was applied to all samples but at different amplitudes varying 
from 10%-100%.  Samples were sonicated using a fully immersed probe for 5 minutes with a 1 second 
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on/off pulse resulting in a total test time of 10 minutes. The amplitude of ultrasonic waves was varied 
among samples with a starting parameter of 10% amplitude and increasing up to 100%. Once a sample 
had been sonicated at a specific amplitude, the sample was not further sonicated at other amplitudes. 
4.2.4 Rheology  
The aim of this study was to investigate if pulsed sonication could be used to tune mechanical 
properties of gellan hydrogels and subsequently influence cell behaviour. However, before focussing 
on cell culture applications, the extent to which mechanical properties of gellan can be modified by 
sonication was investigated.  
Rheological analyses were conducted to gain a more fundamental understanding regarding the effects 
of pulsed sonication at varying amplitudes on strength, elasticity and stiffness of gellan gels. 
Additionally, effects on dynamic viscosity and intrinsic viscosity were analysed. Stress sweeps, 
frequency sweeps, and gelation studies were conducted in order to investigate if gel modulus and 
elasticity could be directly controlled by sonication amplitude. Shear sweeps were used to 
demonstrate tunability of gellan solution viscosity. Moreover, the effect of sonication on intrinsic 
viscosity of gellan was used to determine if sonication could be used to tune molecular weight and, 
thus, provide a potential explanation for changes in rheological properties. Further rheological 
analysis then focused on studying how sonication affects mechanical properties of gellan hydrogels 
in conditions more specific to cell culture protocols.  
Two different rheometers were used to analysis any changes in mechanical properties of gellan as a 
result of pulsed sonication. Tests were conducted on either a Bohlin Gemini rheometer or a Kinexus 
Pro rheometer. Both instruments were purchased from Malvern Instruments (Malvern, UK). All 
samples were tested in triplicate for each procedure with the average values for each data point 
plotted. 
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4.2.5 Stress sweeps 
Samples were gelled prior to loading on a Bohlin Gemini rheometer by mixing 1% gellan (un-
sonicated and gellan sonicated at 100% amplitude) with DMEM in a 1:1 ratio at 60°C using a hot 
plate stirrer. This resulted in a final gellan concentration of 0.5% w/w. Solutions were then allowed 
to cool to room temperature in 6-well plates with 3 ml gellan pipetted in each well. Hydrogels were 
subsequently formed via physical cross-linking mediated by cations present in DMEM (Table 4.1). 
In order to prevent batch to batch variance on ionic content of any DMEM used to create hydrogels, 
all gels were formed using media from the same single bottle of DMEM.  
Table 4.1 – Ionic composition of Dulbecco’s Modified Eagle’s Medium  
Salt 
 
Concentration (mM) 
NaH2PO4 1.0 
NaCl 116.0 
KCl 5.4 
MgSO4 0.75 
CaCl2 1.8 
 
Elastic modulus (Gʹ) and viscous modulus (Gʹʹ) were measured in response to an increasing shear 
stress using a 20 mm serrated plate. Shear stress was increased from 1-1000 Pa with a constant 
frequency of 10 rad/s. 
4.2.6 Dynamic measurements of modulus during cooling 
Prior to loading on the rheometer, 1% gellan solutions sonicated at varying amplitudes were 
transferred into bottles (used to prevent water loss through evaporation) and heated to 95  °C in a 
water bath. This ensured gellan solutions maintain a disordered polymeric state and did not gel prior 
to sample loading. Gellan solutions were then mixed with DMEM in a 1:1 ratio resulting in final 
concentrations of 0.5% gellan gum and placed immediately back into a water bath at 95  °C until they 
were used for rheological analysis. Samples were loaded onto a Kinexus Pro rheometer with the top 
and bottom geometry maintained at 90 °C using an in-built software feature. Dynamic measurements 
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of Gʹ and Gʹʹ were performed at a frequency of 10 rad/s and a constant strain of 0.5%. Samples were 
cooled at a rate 2  °C per minute decreasing from 90  °C to 10  °C (total test time of 40 minutes). All 
measurements were performed within the linear viscoelastic region with a 55 mm cone and plate 
geometry. Prior to sample loading, the bottom plate and geometry of the rheometer were both heated 
to 90  °C to ensure samples did not cool prior to tests. Un-sonicated gellan was used as a control. 
4.2.7 Frequency sweeps 
Frequency sweeps were conducted to analyse the effect of changes in stress frequency on the modulus 
of gellan gum gels and if sonication changed such mechanical properties. Hydrogels of 0.5% gellan 
sonicated at 0%, 50% and 100% amplitude were formed as in 4.2.5 and moduli of resulting gels were 
analysed with increasing frequency from 1-100 rad/s using a Bohlin Gemini rheometer and a 25 mm 
serrated plate geometry.  
4.2.8 Viscosity measurements 
Shear sweeps were conducted on 0.5% w/w gellan exposed to varying amplitudes of sonication to 
analyse any changes in viscosity or flow behaviour. Samples were exposed to increasing shear rates 
from 1 rate of 1000 s-1 using a 45 mm coned geometry at a constant temperature of 20°C 
4.2.9 Intrinsic viscosity and molecular weight  
Intrinsic viscosity of all samples was determined using a U Tube Viscometer (Rheotek, Burnham-on-
Crouch, UK) using calculations outlined in Chapter 3. The viscometer was immersed up to the fill 
level indicator in a water bath at 25°C. Samples were prepared at a variety of dilutions ranging from 
0.02% to 0.06% gellan gum. Each sample dilution was made by mixing 1% gellan with water 
containing 10 mM NaCl. This was done in order to counteract the electroviscous effect that is reported 
to occur with gellan gum dispersed in water (D'Arrigo et al., 2012). Additionally, 10mM NaCl was 
used as the reference point. Time (in seconds) taken by each sample to flow between two reference 
points on the viscometer was measured. All samples were tested in triplicate.  
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The relative, ηrel and specific viscosities, ηsp were calculated as described in equations 4.1 and 4.2, 
respectively: 
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where t is the average (of 3 replicates) flow time of the gellan solution at each concentration, to is the 
flow time for the 10 mM NaCl solution, ρ is the density of the gellan solution at each concentration 
and ρo is the density of the 10 mM NaCl solution. Due to the low concentrations used, ρ/ρo = 1 
(Harding, 1997). 
Measurements were extrapolated to infinite dilution using both equations 4.3 (Huggins, 1942) and 
4.4 (Kraemer, 1938): 
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rel ηηη −= 1ln   Equation 4.4 
where the intrinsic viscosity [η]  is taken as the is the mean of the intercepts from equations (3) and 
(4) and KH and KK are the Huggins and Kraemer constants respectively (Huggins, 1942, Kraemer, 
1938). 
The resulting intrinsic viscosities were then used to calculate molecular weight using the Mark-
Houwink equation (Equation 4.5) where M represents molecular weight and the Mark-Houwink 
constants are represented by K and α. For gellan, K and α have been reported to be 0.00746 and 0.91 
respectively (Bajaj et al., 2007). 
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       η = ΚMα   Equation 4.5 
4.2.10 Rheology in cell culture conditions 
The main focus of this study was the effect of sonication on cell culture applications of gellan gum. 
Rheological analysis of mechanical properties under cell culture conditions was, therefore, 
conducted.  
4.2.11 Effect of sonication on gelation time of gellan in cell culture conditions 
The effect of sonication on gelation time of gellan was measured using a customised controlled ion 
delivery stage mounted on the bottom plate of a Bohlin Gemini rheometer (Mahdi et al., 2016). Gellan 
samples were loaded onto dialysis tubing (MWCO 14,000 Da) that sat on filter paper inside a petri 
dish. The filter paper was soaked with 5 ml DMEM to trigger gelation before a 55 mm parallel plate 
geometry was lowered onto the sample (Fig. 4.2).  
 
Figure 4.2– Controlled ion delivery system mounted on a Bohlin Gemini rheometer used to study gelation time of 
gellan hydrogels (adapted from Mahdi et al. 2016 with permissions from Elsevier) 
 
Elastic and viscous moduli vs. time were observed to monitor any changes in gelation mechanics. 
Temperature was maintained at 37 °C using a Peltier temperature controlled parallel plate system and 
a strain amplitude of 0.5% was used at a constant frequency of 10 rad/s. 
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4.2.12 Frequency sweeps in cell culture conditions 
To analyse the effect of sonication on rheological properties of cell culture hydrogels, samples were 
sonicated as in 4.2.3 and prepared in cell culture conditions. Un-sonicated, 50% sonicated and 100% 
sonicated gellan (1% w/w, autoclaved prior to use) was mixed with DMEM in a 1:1 ratio (3 ml with 
3 mL) at 37 °C in wells of a 6 well plate and left for 30 minutes triggering gelation into 0.5% gellan 
gum hydrogels. Frequency sweeps were conducted with a 25 mm serrated parallel plate geometry 
using a Bohlin Gemini rheometer. Oscillatory frequency was increased from 1-100 rad/s and Gʹ and 
Gʹʹ were measured at a constant temperature of 37 °C at 0.5% strain with a geometry gap set at 1 mm. 
4.2.13 Cell culture 
After changes in rheology as a result of sonication had been investigated, the effect of tuning gellan 
gum properties with pulsed sonication on cell phenotype was evaluated using mouse MC3T3 pre-
osteoblasts. Cells were cultured and passaged following standard culture procedures including aseptic 
technique, seeding and passaging as detailed below.  
4.2.14 Cell culture – aseptic technique 
To prevent contamination of MC3T3 cultures, standard aseptic procedures were followed. All cell 
culture protocols were carried out in a class II vertical laminar flow cabinet (Atlas Clean Air Ltd. 
UK). A solution of ~70% v/v ethanol (70% methylated spirits, 30% deionised water) was used to 
sterilise the cabinet prior to use. Any components requiring sterilisation were autoclaved using a 
Prestige Medical™ bench top autoclave. 
4.2.15 – Seeding and expansion of MC3T3 cultures 
Mouse preosteoblasts (MC3T3s) were cultured from stock vials (Sigma Aldrich UK). For cell seeding 
a single vial containing ~1x106 cells was removed from liquid nitrogen storage and placed into a 
water bath at 37 °C (Grant Instruments™ - Fisher Scientific, UK) for rapid defrosting. Once defrosted, 
contents of the vial were transferred to a centrifuge tube and 9 ml supplemented DMEM (10% FBS, 
2.5% L-glutamine, 2.5% HEPES buffer and 1% penicillin/streptomycin) was slowly added before 
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centrifugation at 1000 RPM for 3 minutes using a Eppendorf Benchtop Centrifuge (ThermoFischer 
Scientific, UK). Supernatant was discarded and replaced with fresh supplemented DMEM before 
transfer to a T75 cell culture flask. Cells were cultured at 37 °C and 5% CO2 in a humidified cell 
culture incubator (Triple Red, UK). Media was changed every 3 days and cells were passaged at 80% 
confluence (80% flask surface area coverage by cells). 
 4.2.16 Passaging of confluent cultures 
Cells were detached from cell culture flasks using a trypsinisation protocol with TrypLE™ 
dissociation reagent. Briefly, media was aspirated from flask cultures and cells were washed with 
Dulbecco's Phosphate-Buffered Saline/DPBS at a volume equal to the volume of media used for flask 
culture (5 ml for a T25, 10 ml for a T75 and 20 ml for a T175). DPBS was removed and TrypLE™ 
was added (1 ml for a T25, 2 ml for a T75 and 4 ml for a T175) before incubation for 2 minutes at 37 
°C and 5% CO2. Cells were then observed with a VWR IT 400 Inverted Microscope (VWR, UK) to 
ensure all cells had detached. If cells remained attached an extra 2 minute incubation step was added. 
Once cells were detached enzymatic activity of TrypLE™ was stopped with the addition of 
supplemented cell culture media at a volume four times greater than the TrypLE™ volume. Cell 
suspensions were transferred into sterile centrifuge tubes and spun at 1000 RPM for 3 minutes. 
Supernatant was removed and replaced with the required flask volume of supplemented cell culture 
media. Cell suspensions were then diluted to 1 in 10 by transferring 10% of the suspension to a new 
flask and adding the remaining required volume of supplemented media. Flasks were transferred back 
into an incubator for further culture at 37 °C and 5% CO2. 
4.2.17 Encapsulation of MC3T3 preosteoblasts in sonicated and un-sonicated gellan 
MC3T3 cells were cultured through 3 passages and used for encapsulation at passage 4. After 
detaching the cell monolayer, a cell count was performed using a glass haemocytometer. Based on 
the calculated cell number, cells were centrifuged at 3000 RPM for 1 minute before being 
resuspended in fresh supplemented αMEM at a density of 1x106 cells/ml using Equation 4.6.  
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Number of cells/ml = Number of cells counted x dilution factor         Equation 4.6 
                                            Number of Squares Counted 
 
Cell suspension was mixed with 1% sterile gellan (un-sonicated, 50% sonicated or 100% sonicated) 
at a volume ratio of 10:1 gellan to cells. Cell-loaded gellan (4 ml) was mixed with 4 ml of 
supplemented DMEM and left for 30 minutes to create cell-loaded hydrogels. Supplemented DMEM 
(3 ml) was placed on the surface of the gels and replaced every 3 days. Cell-loaded hydrogels were 
cultured in petri dishes for 7 days at 37°C, 5% CO2 (Fig. 4.11). 
4.2.18 Live/dead staining 
To assess the proportions of live and dead cells within gellan constructs a live/dead staining protocol 
using calcein AM and propidium idiode was used. Media was aspirated and gels were washed with 3 
ml DPBS. Excess DPBS was removed and replaced with 3 ml fresh supplemented DMEM. Live/dead 
staining was carried out with the addition of 5 µl calcein AM and 25 µl propidium iodide. Samples 
were incubated at 37 °C for 30 minutes in the absence of visible light before visualisation at 520 nm 
using an Olympus Fluorescence Microscope (Olympus Microscopes, UK). 
4.2.19 Cell viability  
Viable cell counts were obtained via MTT assays on cell-loaded gels. Gels were washed with DPBS 
and fresh media was added. MTT (0.1 mg/ml in DMSO) was pipetted onto each gel at a volume of 
10% of the media volume. Samples were incubated for 4 hours at 37 °C before gels were homogenised 
and left overnight in DMSO to dissolve MTT crystals. 200 µl of each sample was added to a 96 well 
plate in triplicate and absorbance at 570 nm was measured using an Inifinte® F50 robotic plate reader 
(Tecan, UK). Cell counts were extrapolated using a standard curve of absorbance vs. 3D gellan 
cultures containing a known cell number (determined by cell counting prior to encapsulation). Each 
sample in the standard curve was treated in the same way as test samples with MTT incubated for 4 
hours before gels were homogenised and left overnight in DMSO.  
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4.2.20 Alkaline phosphatase activity 
Alkaline phosphatase (ALP) activity was determined using an assay based on p-nitrophenyl 
phosphate hydrolysis. The enzyme catalyses conversion of p-nitrophenyl phosphate to p-nitrophenol 
and absorbance of p-nitrophenol can be measured at 405 nm. A higher absorbance indicates a higher 
p-nitrophenol concentration and thus higher ALP activity. A StemTAG™ colorimetric alkaline 
phosphatase assay kit was used to carry out the reaction. 
After 7 days of culture, excess media was removed from the surface of the gels before washing with 
DPBS. 0.5 ml of cell lysis buffer was added to each gel and samples were incubated for 20 minutes 
at 4°C. The solution was then removed from each gel and centrifuged separately at 12,000 X g for 10 
minutes. Supernatant (cell lysate) was removed from each sample and 50 µl was added to wells of a 
96-well plate in triplicate. Excess cell lysate was stored at -20°C. To initiate the reaction, 50 μl of 
StemTAG™ AP Activity Assay Substrate (p-nitrophenyl phosphate) was added and samples were 
incubated at 37 °C for 30 minutes before absorbance was read at 405 nm. Results were compared 
with a standard curve of concentrations ranging from 1-250 nM p-nitrophenol and standardised with 
MTT results to give a concentration of p-nitrophenol produced per 1000 cells. 
4.2.21 Statistical analysis  
ANOVA was used to statistically evaluate the experimental data. The Student–Newman–Keuls test 
was used as a post-hoc test for comparison of means. All statistical analyses were performed using 
Microsoft Excel and a p-value of <0.05 was considered significant. 
4.3 Results 
4.3.1 Stress Sweeps of sonicated and un-sonicated gellan hydrogels  
Stress sweeps were performed to assess the effects of pulsed sonication at 100% amplitude on both 
the linear viscoelastic region (LVR) of low acyl gellan gum and the critical stress at which the 
polymer network deforms and begins to break down. Elastic and viscous moduli of un-sonicated 
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gellan displayed a greater LVR with increasing stress than sonicated gellan (Fig. 4.3) suggesting 
sonication reduces the LVR of gellan. Furthermore, sonication of gellan reduced the required stress 
for both an initial lowering in modulus and major deformation of the polymer network. An average 
stress of 65 Pa was required to trigger an initial decline in the modulus of un-sonicated gellan. The 
same decline took place at an average stress of 37 Pa in sonicated gellan. Major network deformation 
occurred at a stress of 863 Pa in un-sonicated gellan and 282 Pa in sonicated gellan, presenting a 
significant reduction in critical deformation stress. (Results are summarised in Table 4.2).  
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Figure 4.3 - Elastic and viscous modulus of un-sonicated (A) and 100% sonicated (B) 0.5% w/w gellan hydrogels 
in response to increasing shear stress 
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Table 4.2 - The effect of sonication amplitude on the modulus of 0.5% gellan gels in response to increasing stress 
Sample Initial Gʹ (Pa) 
Required Stress to 
Lower Modulus (Pa) 
Required stress for 
major deformation (Pa) 
Un-sonicated 
Gellan 6555 65 863 
Sonicated Gellan 2594 37 282 
 
4.3.2 Temperature sweeps of gellan before and after sonication 
Temperature sweeps were used to analyse if sonication had any effect on both the strength and 
gelation temperature of gellan gum hydrogels. Gelation temperature remained unchanged regardless 
of sonication amplitude with a sol-gel transition initiating at ~46 °C in all samples (Fig. 4.4). Elastic 
and viscous moduli of gellan gum hydrogels were, however, reduced as a result of sonicating polymer 
solutions prior to gelation. Furthermore, evidence of modulus tunability as a function of sonication 
amplitude was observed (Fig. 4.5) with gellan solutions subjected to the highest amplitude of 
sonication exhibiting the lowest Gʹ and Gʹʹ. At a final temperature of 10 °C un-sonicated, 30% 
sonicated, 70% sonicated and 100% sonicated gellan displayed elastic moduli of 6370 Pa, 2670 Pa, 
2495 Pa, and 1944 Pa respectively. This suggests a mechanism whereby gel strength can be tailored 
with the application of varying amplitudes of pulsed sonication (Results are summarised in Table 
4.3).  
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Figure 4.4 – Oscillatory cooling scans displaying both the elastic modulus (G′) and viscous modulus (G″) of 0.5% 
low acyl gellan hydrogels gelled using DMEM after no sonication (A), 30% amplitude sonication (B), 70% 
amplitude sonication (C) and 90% amplitude sonication (D) 
Table 4.3 – The effect of sonication amplitude on the modulus and gelation temperatures of 0.5% gellan gum gels 
Sonication 
Amplitude (%) 
G' at 37  °C 
(Pa) 
G'' at 37  
°C (Pa) 
G' at 10  °C 
(Pa) 
G'' at 10  °C 
(Pa) 
Gelation 
Temperature 
(°C) 
0 9880 119 6370 230 46 
30 5930 51 2670 113 46 
70 930 18 2494 55 46 
90 524 15 1944 67 46 
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Figure 4.5 – A comparison of the G′ of 0.5% low acyl gellan gum hydrogels at 10 °C and 37 °C with no sonication, 
sonication at 30% amplitude, sonication at 70% amplitude and sonication at 90% amplitude 
4.3.3 Frequency sweeps  
Frequency sweeps of sonicated and un-sonicated gellan revealed a similar trend in matrix stiffness as 
a result of sonication with a reduction in G′ as a result of increasing sonication amplitude (Fig. 4.6). 
Additionally, samples exhibited an increase in Gʹ in response to exposure to higher oscillatory 
frequencies. At a frequency of 1 rad/s un-sonicated, 50% sonicated and 100% sonicated gellan 
displayed elastic moduli of 1610 Pa, 1421 Pa and 922 Pa respectively. The same samples exhibited 
moduli of 2621 Pa, 2169 Pa and 1820 Pa at 100 rad/s. 
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Figure 4.6 – Frequency sweeps of 0.5% low acyl gellan gum mixed with DMEM at 60 °C and gelled at room 
temperature after no sonication, sonication at 50% amplitude and sonication at 100% amplitude  
4.3.4 Shear sweeps of gellan gum 
Increasing sonication amplitude resulted in a reduction of instantaneous viscosity with a similar trend 
observed as in temperature sweeps (Fig. 4.7). A higher amplitude of sonication resulted in a greater 
reduction in viscosity. This reduction is most pronounce at low shear rates with an almost complete 
loss of Non-Newtonian behaviour in gellan samples sonicated at 100% amplitude. Therefore, 
viscosity and flow behaviour of gellan solutions were affected by sonication. 
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Figure 4.7 – The effect of increasing amplitude (%) of sonication on viscosity of 0.5% low acyl gellan gum in 
response to increasing shear rate 
4.3.5 Determination of intrinsic viscosity and molecular weight 
Sonication has been previously reported to lower the molecular weight of gellan gum (Taylor et al., 
2012). Intrinsic viscosity and molecular weight are closely associated such that a lower intrinsic 
viscosity alludes to a reduction in molecular weight (Harding, 1997). Determination of intrinsic 
viscosity was, therefore, used to analyse if pulsed sonication of gellan gum at different amplitudes 
could be used to tune the molecular weight. Intrinsic viscosity was found to decrease as a function of 
increasing sonication amplitude (Fig. 4.8) and a similar trend was observed as in Fig. 4.5. A higher 
amplitude of sonication resulted in a greater reduction in intrinsic viscosity. This, consequently 
resulted in a reduction in molecular weight as determined by the Mark-Houwink equation with the 
same trend observed as with intrinsic viscosity (Table 4.4). Un- sonicated gellan was determined to 
have an approximate molecular weight of 3612 kDa. Sonication reduced molecular weight with 100% 
sonicated gellan presenting the lowest value (1269 kDa). 
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Figure 4.8 – The effect of increasing the amplitude (%) of sonication on the intrinsic viscosity of low acyl gellan 
gum (error bars represent +/- 1 standard deviation, n = 3) 
Table 4.4 - Intrinsic viscosity and resulting calculated molecular weights of gellan subjected to varying amplitudes 
of sonication 
Sonication Amplitude (%) Intrinsic Viscosity (dL/g) Calculated Molecular 
Weight (kDa)  
0 12.91 3612.26 
20 7.93 2095.23 
40 6.01 1559.95 
60 5.94 1539.89 
80 5.21 1321.41 
100 5.02 1269.44 
4.3.6 Gelation in cell culture conditions 
Gelation profiles were obtained to analyse any changes in gelation mechanics as a result of sonication. 
Sonication was, again, found to reduce the modulus of resulting hydrogels with un-sonicated gellan 
exhibiting a final Gʹ of 443.5 Pa versus 270.1 Pa for gellan sonicated at 100% amplitude. Gelation 
time when mixed with DMEM was, however, unaffected by sonication of gellan gum solutions (Fig. 
4.9). All samples showed a rapid onset of gelation within the first 100 seconds. After the first 100 
seconds, increases in Gʹ plateaued with a final modulus reached at between 330 and 350 seconds post 
injection of DMEM.  
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Figure 4.9 – Elastic and viscous moduli (G′ and Gʹʹ) vs. time for sonicated and un-sonicated gellan when gelation 
is triggered by ions present in DMEM 
4.3.7 Frequency sweeps of hydrogels formed in cell culture conditions 
Frequency sweeps were conducted on hydrogel samples formed in cell culture conditions to assess if 
previous changes in modulus as a result of sonication would be observed. Tunability of mechanical 
properties as a function of sonication was demonstrated with un-sonicated gellan exhibiting greater 
elastic and viscous moduli than gellan sonicated at 50% and 100% amplitude (Fig. 4.10). At a 
frequency of 30 rad/s, for example, hydrogels formed from un-sonicated gellan displayed an average 
Gʹ of 1091 Pa. At the same frequency, hydrogels of gellan sonicated at 50% and 100% amplitude had 
a Gʹ of 857 Pa and 551 Pa respectively. Matrix stiffness was, therefore, reduced by nearly 50% as a 
result of sonicating native gellan gum at 100% amplitude prior to gelation into a cell culture scaffold. 
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All samples exhibited properties of a strong gel with a higher Gʹ than Gʹʹ.
 
Figure 4.10 – Effect of sonication at (A) 0% amplitude, (B) 50% amplitude and (C) 100% amplitude on Gʹ and Gʹʹ 
of 0.5% gellan gum cell culture scaffolds in response to increasing oscillatory frequency 
 
4.3.8 Cell-loaded hydrogels 
Sonication appeared to have a visual impact on uniformity of hydrogels produced during the 
encapsulation process (Fig. 4.11). Hydrogels formed from gellan sonicated at 100% amplitude 
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appeared to be more homogenous whereas gels of un-sonicated gellan were more heterogeneous in 
appearance.   
 
Figure 4.11 – Cell-loaded hydrogels created with A) un-sonicated gellan, B) gellan sonicated at 50% amplitude and 
C) gellan sonicated at 100% amplitude 
4.3.9 Live/dead staining 
Live/dead imaging revealed little difference between the three samples (Fig. 4.12). Culture in 
sonicated and un-sonicated gel yielded high proportions of live cells. No significant numbers of dead 
cells were present (indicated by the lack of red fluorescence). Cells appear to be dispersed uniformly 
through hydrogel matrices.  
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Figure 4.12 – Live/dead staining results for MC3T3’s encapsulated in A) un-sonicated gellan, B) gellan sonicated 
at 50% amplitude and C) gellan sonicated at 100% amplitude – (colour corrected using Microsoft PowerPoint - 
green spots indicate presence of a live cell) 
4.3.10 Cell viability 
Cell viability was determined via MTT assays as a means of standardising results of ALP assays. 
Differences in the number of viable cells 7 days post encapsulation were observed between the three 
samples (Fig. 4.13). Moreover, variances between number of viable cells in each sample were deemed 
significant by statistical analysis (p value <0.05). Un-sonicated gellan yielded the lowest number of 
viable cells with an average of 9.18x105 viable cells. Gellan sonicated at 50% amplitude contained 
an average of 1.07x106 viable cells with gellan sonicated at 100% amplitude showing the highest 
average viable cell count (1.27x106). However, results presented in Fig. 4.12 do not show evidence 
of significant amounts of cell death in any samples so variances in the average number of viable cells 
are unlikely to be a result of apoptotic activity.   
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Figure 4.13 – Number of viable cells 7 days post encapsulation determined via MTT assay in un-sonicated gellan, 
gellan sonicated at 50% amplitude and gellan sonicated at 100% amplitude  (error bars represent +/- 1 standard 
deviation, n = 12) 
4.3.11 Effect of gellan sonication on ALP activity in encapsulated MC3T3 cells 
ALP activity was found to decrease with increasing sonication amplitude as indicated by a reduction 
in p-nitrophenol concentration (Fig. 4.14). The concentration of p-nitrophenol produced by each 
culture was standardised to yield per 1000 cells by incorporating results from the MTT assay using 
Equation 4.6.  
 [𝑝𝑝 − 𝑛𝑛𝑛𝑛𝑛𝑛𝑛𝑛𝑛𝑛𝑝𝑝ℎ𝑒𝑒𝑛𝑛𝑛𝑛𝑒𝑒]𝑝𝑝𝑒𝑒𝑛𝑛 1000 𝑐𝑐𝑒𝑒𝑒𝑒𝑒𝑒𝑐𝑐 = [𝑝𝑝−𝑛𝑛𝑛𝑛𝑛𝑛𝑛𝑛𝑛𝑛𝑝𝑝ℎ𝑒𝑒𝑛𝑛𝑛𝑛𝑛𝑛]𝑝𝑝𝑛𝑛𝑛𝑛𝑝𝑝𝑝𝑝𝑝𝑝𝑒𝑒𝑝𝑝 𝑏𝑏𝑏𝑏 𝑎𝑎𝑛𝑛𝑛𝑛 𝑝𝑝𝑒𝑒𝑛𝑛𝑛𝑛𝑐𝑐
𝑛𝑛𝑝𝑝𝑛𝑛𝑏𝑏𝑒𝑒𝑛𝑛 𝑛𝑛𝑜𝑜 𝑣𝑣𝑛𝑛𝑎𝑎𝑏𝑏𝑛𝑛𝑒𝑒 𝑝𝑝𝑒𝑒𝑛𝑛𝑛𝑛𝑐𝑐  x 1000    Equation 4.6 
Cells encapsulated in un-sonicated gellan produced the highest p-nitrophenol concentration per 1000 
cells (130 pmol). The lowest yield was seen in cells encapsulated in 100% sonicated gellan (50 pmol). 
When statistical analysis of data was performed results for all samples were found to be significantly 
different (p <0.05). A summary of statistical results for each sample can be found in Table 4.4.  
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Figure 4.14 – The effect of increasing the amplitude (%) of sonication on the concentration of p-nitrophenol 
produced per 1000 encapsulated cells provided with p-nitrophenyl phosphate (error bars represent +/- 1 standard 
deviation, n = 12) 
Table 4.5 – A summary of results obtained from statistical analysis of ALP assay data 
Results Compared for 
Statistical Analysis 
p-value 
Are Results Significantly 
Different? 
[p-nitrophenol] per 1000 cells 
in 0% sonicated and 50% 
sonicated gellan 
 
0.0006 
 
Yes 
[p-nitrophenol] per 1000 cells 
in 50% sonicated and 100% 
sonicated gellan 
 
0.0215 
 
Yes 
[p-nitrophenol] per 1000 cells 
in 0% sonicated and 100% 
sonicated gellan 
 
0.0001 
 
Yes 
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4.4 Discussion 
The ability to control and tune the mechanical behaviour of biopolymer materials has been of 
particular interest in tissue engineering over the past decade since it was found that matrix stiffness 
can directly influence stem cell differentiation (Engler et al., 2006). Here we have shown that various 
mechanical properties of gellan gum (as a solution and as a hydrogel when cross-linked with DMEM) 
can be modified by applying varying amplitudes of sonication. The reduction in intrinsic viscosity is 
perhaps the most significant factor when it comes to explaining the mechanism behind modification 
of mechanical properties and the ability to tune functional mechanical behaviour. As previously 
stated, gelation of gellan involves both formation of ordered helices and subsequent aggregation of 
the helices into a complex 3D structure strengthened by ionotropic crosslinking between polymer 
molecules. The intrinsic viscosity of a polymer is essentially the capability of that polymer to enhance 
the viscosity of a solution in which it is dissolved and is therefore, related to molecular weight such 
that it is often used in molecular weight determination (Harding, 1997). A decrease in molecular 
weight therefore usually results in a decrease in intrinsic viscosity and vice versa.  
Increasing the amplification of sonication resulted in a reduced intrinsic viscosity and therefore, it 
can be inferred that there was a reduction in molecular weight (Fig. 4.8). This supports work 
conducted previously by D’Arrigo et al., (2012) who showed that sonication of gellan gum reduces 
the molecular weight of gellan without altering its chemical structure (D'Arrigo et al., 2012). 
Furthermore, Taylor et al., (2012) showed that there was in increase in gellan oligomers following 
sonication at only 30% amplitude which resulted in a reduction in apparent viscosity, as a result of 
reduced intermolecular entanglement (Taylor et al., 2012). In the present study it was shown that by 
varying sonication amplitude from 0% to 100% a reduction in viscosity can be tuned to the level 
required for the application (Fig 4.7), from small reductions in viscosity at low amplitudes to dramatic 
reductions and an almost complete loss of non-Newtonian behaviour at 100% sonication amplitude 
and importantly this can be achieved without altering polymer concentration. 
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Modulation of sonication amplitude can also control the stiffness of resulting hydrogels cross-linked 
in DMEM. When gellan solutions cool they undergo a two-part gelation mechanism that is normal 
for gellan (Morris et al., 2012) but a sample of subjected to higher amplitudes of sonication produced 
a weaker gel (Fig. 4.3-4.6). Since intrinsic viscosity results infer a decrease in molecular weight, 
reduction in gel modulus is likely attributable to a decrease in polymer chain length resulting in fewer 
crosslinks between each molecule. The exponential reduction in elastic modulus from 10000 Pa in 
the un-sonicated gellan to ~3000 Pa (at 10°C) when sonicated at 90% amplitude (Fig. 4.4 - 4.5) 
highlights how gel stiffness (when cross-linked with DMEM) can be controlled and predicted. The 
modulus therefore, can be controlled to suit an application by simply applying varied amplitudes of 
sonication.  
As well as tuning both the modulus and viscosity of the polymer, sonication also affects the elasticity 
of hydrogels. This is demonstrated in Fig. 4.3 where hydrogels formed from sonicated gellan 
displayed a smaller LVR and a reduced critical stress than hydrogels formed from gellan that was not 
subjected to sonication. This change adds a new dimension to the sonication protocol whereby 
elasticity of a hydrogel can also be tuned along with modulus and viscosity to further mimic matrix 
properties for the tissue to be cultured. Again, reductions in intrinsic viscosity present the most likely 
explanations for this. Since sonicated gellan has a lower intrinsic viscosity and therefore a lower 
hydrodynamic volume, the distance of molecular interactions would be expected to be reduced. 
Therefore, cross-linked hydrogels formed from sonicated gellan pack together in a tighter structure, 
due to the smaller molecular size and reduced length of interactions. This results in a gel that is 
significantly less elastic compared with un-sonicated gellan where interaction length is greater.  
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In cell culture conditions, a similar trend was seen between sonication amplitude and matrix stiffness 
(Fig. 4.10). Un-sonicated gellan showed the highest modulus while gellan sonicated at maximum 
amplitude showed the lowest with a ~50% decrease in matrix stiffness. However, gels formed in 
culture conditions showed a lower modulus than when gelled under conditions outlined in section 
4.2.5. Results in Fig 4.10 are far more reflective of the mechanical behaviour of each sample under 
cell culture conditions as gelation was triggered at 37°C. Conversely, results presented in Fig 4.4-4.5 
were obtained by mixing gellan with DMEM at 90 °C and slowly cooling to form a stable hydrogel. 
This difference in approach is likely the cause of changes in mechanical behaviour. The onset of 
gelation shown illustrated in Fig. 4.4 takes place at 46 °C so when DMEM is mixed at 37 °C (as 
occurs when preparing for cell culture) gelation is triggered instantly as the gellan comes into contact 
with the ions in DMEM. Moreover, when gelled in cell culture conditions samples are gently stirred 
to promote mixing and as a result imparts a small shear force during the sol-gel transition. This results 
in a suspension of gel particles, otherwise known as a fluid gel or sheared gel rather than a continuous 
bulk gel (Mahdi et al., 2014, Sworn et al., 1995).  A consequence of this is that the collective strength 
of the structure is reduced. Interestingly, sonication also seemed to affect physical appearance of cell 
loaded gellan structures (Fig. 4.11). Gels formed from sonicated gel appeared to be more uniform. 
However, study of gelation profiles showed no change in gelation time for samples subjected to 
sonication (Fig. 4.9). This rules out the likelihood of this being attributed to a longer ordering time 
for gel networks of sonicated gellan. It is, therefore, likely due to reduced viscosity of gellan solutions 
as a result of sonication promoting more homogeneous mixing with DMEM.  
Changes to rheological properties did not appear to impact on viability in cell loaded hydrogels. 
Similarly sonication does not lead to any potentially harmful contamination of polymer sample with 
cytotoxic metal particles that may have been released from the sonic probe. It is worth noting that the 
duration of sonication for each sample was relatively short reducing the chances of such 
contamination. Both are indicated by results in Fig. 4.12 where all samples yielded a very high 
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proportion of cells emitting green fluorescence as a result of a calcein AM/propidium iodide assay. 
This is indicative of live cells as a green fluorescence is emitted when live cells cleave calcein AM 
to calcein with the use of intracellular esterases (Bratosin et al., 2005). A presence of dead cells would 
be indicated by red fluorescent signals as a result of propidium iodide penetrating compromised 
membranes and binding to nucleic acids in dead/dying cells (Banerjee et al., 2014).  
A decrease in p-nitrophenol concentration with increasing sonication amplitude (Fig. 4.14) is 
indicative of reduced p-nitrophenyl phosphate hydrolysis and thus a decrease in alkaline phosphatase 
activity. As a key marker for osteogenic differentiation, ALP activity levels can indicate the extent of 
osteogenesis within a tissue engineering construct (Choi et al., 1996). The most common method to 
promote osteogenic differentiation is to supplement the cell culture media with specific differentiation 
promoting reagents. In this study, however, no differentiation supplements were added. Any 
differentiation therefore, would more likely be a result of mechanical stimuli from the surrounding 
gel matrix.  
Rheological measurements showed that sonicating gellan resulted in structures with lower moduli. 
Reducing the modulus of the structures appeared to cause a reduction in ALP activity in encapsulated 
MC3T3’s. Interestingly, the extent of reduction for both seems to be of similar proportion, with ALP 
activity and matrix stiffness decreasing by ~50% in gellan sonicated at 100% amplitude. This could 
be indicative of a mechanism whereby sonication reduced matrix stiffness and had a negative impact 
on osteogenic differentiation. A higher amplitude of sonication resulted in a further decrease in ALP 
activity for encapsulated cells. This seems to correspond with previous work showing how matrix 
stiffness can impact differentiation (Engler et al., 2006). Osteogenesis requires a more stiff and rigid 
culture environment so a decrease in gel modulus can have a negative impact on osteogenic potential. 
While data appears to show a negative trend, the reduction in ALP activity as a result of gellan 
sonication acts as a proof of concept for the level control that can be exhibited over mechanical 
properties of a gellan scaffold using sonication. ALP assay results show that reductions in scaffold 
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matrix stiffness were significant enough to have an impact on cell culture conditions. This provides 
potential for the use of sonication in tuning gel properties to optimise a structure for culture of specific 
tissues. Changes in mechanical properties can be achieved without altering the concentration of 
polymer or crosslinking ions and thus there is little impact on the osmotic environment within a 
construct.  
4.5 Conclusions 
Application of a simple sonication method was shown to reduce the viscosity and elasticity of gellan 
gum hydrogels cross-linked with DMEM. ALP activity of encapsulated MC3T3 cells showed 
variance as a result of changes in scaffold properties via sonication and cell viability was good in all 
constructs. This was achieved without changing the concentrations of the polymer or the crosslinking 
ions and was a likely direct result of the sonication method breaking gellan polymer chains into 
fragments of lower molecular weight as demonstrated previously (Taylor et al., 2012). Results 
obtained further support the potential of gellan gum for tissue engineering applications as the ability 
to tune mechanical properties is integral to the success of such procedures. However, while this study 
outlined a method for varying mechanical properties in a single tissue engineering scaffold, native 
tissue is more complex containing distinct regional areas and interfaces that have different and often 
anisotropic mechanical behaviour. Therefore, a system that facilitates fabrication of scaffolds 
exhibiting multiple mechanical properties is of great interest. In Chapters 5 and 6 a method is 
proposed to achieve this via integration of multiple materials and cell types into a single structure to 
greater mimic native tissues in vitro. Chapter 5 will outline method development, proof-of-concept 
testing and initial evaluation of potential cell culture applications. In Chapter 6, subsequent use of the 
method to fabricate layered, multicellular constructs for osteochondral tissue regeneration will be 
presented. 
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Chapter 5 – Development of an Additive 
Layer Manufacturing Technique for 3D 
Rapid Prototyping of Hydrogel Substrates 
 
Aspects of this chapter are published in Advanced Materials.  
Moxon, S. R. Cooke, M. E. Cox, S. C. Snow, M. Jeys, L. Jones, S. W. Smith, A. M. Grover, L. M. 
(2017) Suspended Manufacture of Biological Structures, Advanced Materials, 1605594. 
5.1 Introduction 
Rapid prototyping of 3D tissue engineering substrates has emerged as a promising method for 
synthesising structurally precise culture scaffolds. It overcomes issues associated with generating 
complex 3D polymer structures such as flow of material prior to gelation resulting in loss of structure 
and an inability to modify scaffolds post-gelation (Peltola et al., 2008). The technique has been 
implemented into areas where creation of complex, shaped tissue culture substrates is required such 
as fabrication of patient-specific, tissue engineering scaffolds. Implantation is still a widely used 
technique for treatment of various medical defects and greater demand has been placed on the 
adaptation and implementation of tissue engineering methods into implant fabrication with 
investigation still on-going (Ye and Peramo, 2014, Schek et al., 2005, Woodfield et al., 2009). The 
focus is on fabricating a structure that enhances tissue repair and does not negatively impact patient 
health. By using autologous patient cells and creating a construct comprised of naturally occurring 
raw materials, scaffolds can potentially be engineered to meet all such criteria (Lu et al., 2011).  
A critical factor in generating tissue engineered scaffolds for such an application is the ability to 
control the shape and size of structures. The majority of implants are patient-specific and, as a result, 
the ability to easily create such specific structures is critical to the success of treatment (Chuan et al., 
2013, Sapkal et al., 2016). Current approaches for designing scaffolds of specific morphologies often 
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incorporate the use of moulds or stamps. However, use of such systems is reliant on the generation 
of a new mould for every implant that is engineered (Yeh et al., 2006, Gillette et al., 2008, 
Khademhosseini and Langer, 2007).  
Secondly, such procedures rarely facilitate fabrication of complex, layered structures thus inhibiting 
the ability to replicate multi-material and multi-cellular in vivo environments such as articular 
cartilage and the osteochondral interface. Little control can be exhibited over precise distribution of 
cells and scaffold materials and resulting scaffolds are often comprised of a single substance and cell 
type (Wu et al., 2005, Stevens et al., 2005). This is not reflective of structural ordering in native tissue 
and, as such, alternative approaches are required to address current limitations (Yeong et al., 2004). 
Consequently, there is a lot of focus on developing new methods that could allow for creation of 
tissue engineering scaffolds that better mimic in vivo tissue development environments.  
Additive layer manufacturing (ALM) has emerged as a promising new rapid prototyping technique 
for replication of complex tissues. It involves fabrication of structures comprised of multiple materials 
by adding layer upon layer (de Carvalho and Djabourov, 1997). ALM provides the potential to exhibit 
greater control over distribution of both cells and supporting matrix and is now widely used in many 
sectors. However, current applications often utilise hard materials, with ALM using soft materials 
still providing a much greater challenge due to their rheological behaviour (Pfeifer et al., 2012). 
Layering soft materials such as biopolymer hydrogels in a gelled state does not allow for integration 
of multiple materials into a single, tiered structure. Additionally, layering in sol form does not allow 
for control over integration and flow due to biopolymer solutions often exhibiting viscosities similar 
to that of water (Capron et al., 2001). Therefore, a degree of manipulation is required in order to 
facilitate greater control over rheological behaviour of biopolymers to allow for incorporation into 
ALM technologies. This is something that has proved challenging with ALM techniques still heavily 
focussed on use of hard rather than soft materials. 
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Progress has been made with soft materials, nonetheless, with one notable study revealing fabrication 
of ‘nose-like’ structures of alginate using a ‘drop by drop’ manufacturing technique (Boland et al., 
2007). Despite recent advancements, however, structures created from ALM with soft materials often 
lack complexity (Costantini et al., 2016). Consequently, replication of complex structures such as the 
4-tier structure of cartilage or the 2-tier structure of the osteochondral interface remains a challenge. 
Various research groups have utilised different techniques to try and overcome problems in creating 
complex structures, with examples involving suspension in high viscosity fluids or use of hard 
materials for support (Melchels et al., 2016, Kang et al., 2016, Sachlos et al., 2006). Removal of 
supporting materials, however, is difficult and leads to poor clinical translation with structures often 
deforming during recovery. This study presents a method for overcoming such issues by utilising a 
suspension of particulate gels, often referred to as a fluid gel, for the supporting media.  
A fluid gel is formed by allowing a polymer solution to pass through a sol/gel transition under an 
applied shear rate. As a result of the applied shear, gelation does not result in formation of a single 
polymer network. Instead, the gel that is formed is a suspension of much smaller gel micro particles. 
A fluid gel displays viscoelastic properties and the particles themselves are comprised of a typical 
cross-linked network but on a micro scale (Norton et al., 1999). Gel particles formed in this manor 
are described as being ‘hairy’ and can interact with one another to form weak bonds resulting in a 
paste-like material which can be reverted back to a pourable liquid with the application of a small 
shear force (Fig. 5.1). However, if left for a short period of time particles will reform bonds with 
neighbouring particles and return the gel to a paste-like state. This gives fluid gels so called ‘self-
healing’ properties. 
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Figure 5.1 - Transition of a fluid gel from a self-supporting paste-like material to a pourable viscoelastic liquid 
after application of a small shear force  
A molecular model for the formation of fluid gel particles was presented by Norton et al., (1999). 
When a polymer transitions from a sol to gel state, molecules often exhibit a shift from a disordered 
to more ordered form. In the case of gellan, for example, polymer molecules undergo a 
conformational change from random coils to ordered helices (Morris et al., 2012). This transition 
leads to an increase in polymer solution viscosity as molecular domains aggregate together. Applied 
shear forces separate nucleation sites of neighbouring polymer molecules thus limiting molecular 
ordering to formation of gel micro-particles (Norton et al., 1999). This is in contrast to the mechanism 
of quiescent cooling where a lack of shear force facilitates aggregation of polymer molecules into a 
single, ordered network (Fig. 5.2).  
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Figure 5.2 – Schematic diagram showing differences between polymer gels subjected to quiescent and sheared 
gelation (Mahdi, 2016) 
There are multiple hypotheses that describe what triggers aggregation and growth of fluid gel 
particles. One theory attributes particle growth to recruitment of un-gelled polymer molecules from 
solution (de Carvalho and Djabourov, 1997) while another suggests shear flow promotes polymer 
aggregation (Norton et al., 1999). Growth and morphology of fluid gel particles is often dependent 
upon multiple factors such as shear rate, polymer concentration and cooling rate (in thermally gelling 
systems). This has led to studies into tuning fluid gel properties for biomedical applications (Mahdi 
et al., 2014, Mahdi et al., 2015, Mahdi et al., 2016). 
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Fluid gels could potentially solve issues with rapid prototyping of soft materials by acting as highly 
supportive and easily removable ALM supporting media. Solid-like properties of a fluid gel may 
facilitate the suspended deposition and controlled gelation of polymer solution. Additionally, the 
pourable, fluid-like properties of a particulate gel suspension could allow easy extraction of a gelled 
construct. This may provide a platform for creation of highly customisable, shaped constructs without 
the requirement for pre-fabrication of support systems such as stamps or moulds. Furthermore, fluid 
gel suspension could also present a simple method for incorporation of multiple materials and cell 
types within a single, layered hydrogel construct (Fig. 5.3).  
 
Figure 5.3 - Schematic showing a proposed fluid gel ALM technique. A) Cell loaded biopolymer injected into fluid 
gel. The polymer remains in liquid form but does not flow due to support from self -healing fluid gel. B) Multiple 
layers added containing different cell types or molecules such as growth factors (all biopolymers still in liquid 
form). C) Cross-linker added to completed structure to trigger gelation and immobilise the cells. D) Solidified gel 
structure/implant can be recovered from the fluid gel when required 
A similar mechanism has been previously reported in a  study by Hinton et al., (2015) where gelatin 
microparticles were used as a support bath for 3D printing of soft structures using biopolymers such 
as alginate (Hinton et al., 2015). The study demonstrated an ability to fabricate complex structures 
from soft materials. This allowed for formation of hydrogels exhibiting a similar morphology to 
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biological tissues such as femurs and coronary arteries. However, constructs had to be printed at no 
higher than 22 °C to prevent the gelatin bed from melting and losing supportive properties. In 
addition, following fabrication the particle beds had to be heated to 37 °C to allow for extraction of 
structures. Additionally, structures fabricated using this method were only comprised of a single 
material and cell type. Structures could not be cultured in situ and no clinical implications of the 
method were investigated.  
This chapter aims present a similar approach by suspending biopolymer structures in a fluid gel 
particle bed. However, by using biopolymers that form hydrogels that exhibit thermal stability at 
37°C, it may be possible to allow for printing of structures at physiological temperature. This could 
facilitate suspended manufacture of multi-material, cell-loaded structures from soft materials suitable 
for implantation into tissue defects. In this chapter method development for use of fluid gels in ALM 
of soft material structures is presented. Mechanical boundaries of such a system are explored, with 
the success of the suspension evaluated in respect of fluid gel viscosity, shear modulus and particle 
size. . Tunability of construct resolution is also demonstrated as a function of multiple deposition 
parameters. Proof-of-concept of the fabrication of complex structures is provided with creation of 
layered, osteochondral-like structures and a complex polymer helix comprised of a 
gellan/hydroxyapatite blend. Finally, an initial evaluation of cell culture applications with 3T3 
fibroblasts is presented.   
5.2 Materials and Methods 
5.2.1 Materials 
Gellan was purchased from Kalys (Benin, France). Agarose, gelatin (type A) and alginate (analytical 
grade, M:G ratio of 0.39:0.61) were purchased from Sigma Aldrich (Dorset, UK). Type I collagen 
was purchased from Cell Systems (Troisdorf, Germany). Cell culture plastics, syringes and 
hypodermic needles were purchased from Sigma-Aldrich (Dorset, UK). All other reagents and cell 
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culture media and supplements were purchased from Sigma-Aldrich (Dorset, UK) and used without 
further purification. 
5.2.2 Fluid gel formation 
Fluid gels were formed using either agarose or gellan solutions of varying concentrations (0.1% - 1% 
w/w). Hot solutions were allowed to cool to 10 °C under a constant shear rate generated by a magnetic 
stirrer rotating at 700 rpm. In the case of gellan, sodium chloride was added to the polymer solution 
prior to cooling (as a source of crosslinking ions) to give a final concentration of 100 mM NaCl..  
To create sterile fluid gels for cell culture applications, polymer solutions were autoclaved prior to 
cooling and subsequently stored in sterile Schott® bottles to maintain sterility.  
5.2.3 Fluid gel concentration tests 
In order to evaluate the minimum required properties for a fluid gel to act as an ALM supporting 
media in this system, an experiment was designed whereby 1% solutions of gellan were suspended 
in gellan fluid gels of decreasing concentration. The fluid gel at which extruded solutions were not 
fully supported was deemed to contain the minimum required gellan concentration. Rheological 
analysis was subsequently used to quantitatively outline the required strength and viscosity of a fluid 
gel to support deposition of polymer solutions.  
Gellan fluid gels were prepared as in 5.2.2 using a constant NaCl concentration of 100 mM and 
varying polymer concentrations. The highest concentration of gellan was 1% w/w and concentration 
was gradually decreased until fluid gel samples showed loss of self-healing properties and lack of 
sufficient support for suspending 1% gellan solutions. Supporting baths were created by pipetting 60 
ml of each fluid gel concentration into separate 60 mm petri dishes. Depositions of 1% gellan were 
then created using a 10 ml syringe and a 21 gauge needle (337 µm inner diameter). The needle was 
immersed beneath the surface of a fluid gel and solutions were extruded at 125 µl/s while the needle 
was moved laterally to create shaped structures. A 50 mM CaCl2 solution (10 ml) was then added to 
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the surface of fluid gels loaded with suspended structures to trigger gelation into shaped hydrogel 
constructs. Constructs were left for 40 minutes before being extracted post-gelation using a spatula 
and excess fluid gel was washed away with deionised water. 
5.2.4 Rheology 
Once the minimum gellan concentration for a fluid gel was determined, various rheological tests were 
conducted in order to quantitatively define the rheological boundaries that could apply to the system. 
Fluid gels prepared from varying concentrations of gellan and agarose were analysed to determine 
the required elastic modulus, viscosity and particle size distribution to support suspension of 1% 
gellan solutions.  
5.2.5 Frequency Sweeps  
Fluid gels were prepared at 5 different gellan concentrations (shown in Table 5.1). The modulus of 
each fluid gel was measured in response to increasing oscillatory frequency using a 55 mm cone 
geometry and a Bohlin Gemini rheometer. Oscillatory frequency was increased from 0.1-100 rad/s 
with a constant temperature and strain of 20 °C and 0.5% respectively. Agarose fluid gels (0.25%, 
0.5%, 0.75% and 1% w/w) were testing using the same parameters and geometry to ensure the same 
stresses and strains were applied to the samples.  
Table 5.1 – Fluid gel samples prepared for rheological analysis 
Fluid Gel Sample Gellan Concentration (% w/w) 
NaCl Concentration 
(mM) 
1 1.00 100 
2 0.75 100 
3 0.50 100 
4 0.25 100 
5 0.10 100 
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5.2.6 Shear Ramps 
Shear ramps were performed using a Gemini rheometer with a 55 mm coned geometry on all 5 
concentrations of gellan fluid gel and all 4 concentrations of agarose fluid gel detailed in 5.2.3. Shear 
rate was increased from 0-100 s-1 over a 10 minute period and temperature was kept constant at 20°C.  
5.2.7 Particle size analysis 
Another fluid gel property that could affect capacity to support deposited structures is particle size as 
it can directly influence mechanical properties (Mahdi et al., 2014). Therefore, upper and lower limits 
regarding fluid gel particle size distribution were evaluated. Additionally, the same evaluations were 
carried out on 0.5% agarose fluid gels to determine if particle size distribution also fell within the 
required boundaries. 
Fluid gel samples were loaded onto glass slides and allowed to dry under a coverslip for 10 minutes. 
Samples were then visualised on Keyence VHX 2000 digital microscope (Keyence, UK). Particle 
sizes were analysed with VHX 2000 communication software. Particle size distribution was 
calculated using images of fluid gel particles within an area of 135 µm by 120 µm. Images were 
divided into 12 grids of 11.25 µm by 10 µm. Within each grid, the number of particles was recorded 
and separated into categories based on size. A total of 96 grids were analysed for each fluid gel 
sample. Particle size distribution was then determined by comparing the number of particles within 
each size range and calculating cumulative frequency of each particle size. This method was, 
however, only used to quantify micro particles. Nano particles (particles of <0.5 µm in size) could 
not be accurately counted and were therefore not included in the final distribution.  
5.2.8 Tuning construct resolution 
To further explore the limits of construct resolution, the effect of multiple deposition parameters were 
investigated.  A 0.5% w/w agarose fluid gel was formed and gellan solutions of varying viscosity 
(controlled by concentration) were deposited in separate aliquots of fluid gel (contained in petri dishes 
of 60 mm diameter and 15 mm depth). Gellan was extruded through a hypodermic needle with an 
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inner diameter of 337 µm. Once suspended, gelation was triggered via injection of 200 mM CaCl2 
directly around suspended solutions using a 5 ml syringe and 18 gauge needle (838 µm inner 
diameter). Samples were left for 30 minutes before being extracted with a spatula. Excess fluid gel 
was washed away with deionised water and the resolution of each construct was measured using 
electronic callipers.  
To further tune construct resolution, gellan samples with the highest viscosity were then extruded 
into agarose fluid gel through hypodermic needles with varying inner diameters. Gelation, extraction 
and measurement of construct width and height were conducted as described previously. 
Following results from tuning resolution with viscosity and needle aperture, a final experiment was 
used to investigate if varying the speed of polymer deposition could further increase construct 
resolution. High viscosity gellan was extruded through a 260 µm diameter hypodermic needle with 
variations in the speed at which solutions were laterally deposited. 
In all 3 experiments extrusion rate was kept constant at 125 µl/s. 
5.2.9 Creating complex hydrogel structures using suspended manufacture 
Once required properties and customisability of the system had been demonstrated, creation of more 
complex structures was explored using multiple materials to create a variety of different structures.  
5.2.10 Fabricating layered structures of specific dimensions 
To demonstrate the degree of control that can be placed on construct fabrication, structures of specific 
height and width were created, each containing two different materials. Materials were selected with 
a focus on fabricating a structure that could act as an osteochondral model. Structures were designed 
to contain both an osteogenic and a separate, integrated chondrogenic layer. Multiple combinations 
of biopolymers and ceramics were investigated as shown in Table 5.2 with a circular layer (3 mm 
thick, 10 mm diameter) of gellan deposited initially and a variety of different materials used for a 
second, top layer of 7 mm thickness and 10 mm diameter. These dimensions were chosen to 
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demonstrate the level of control that can be exhibited over size and shape of depositions and to mimic 
size ratios between the bone and cartilage layers of osteochondral tissue (Campbell et al., 2012). Type 
I collagen was chosen as one potential osteogenic layer due to its high abundance in bone (Viguet-
Carrin et al., 2006). Nanocrystalline hydroxyapatite (nano-HA) was incorporated into non-
collagenous osteogenic layers for the same reason. Gellan was chosen for a possible chondrogenic 
layer due to structural similarities with GAGs found in cartilage ECM (Oliveira et al., 2010, Fan et 
al., 2010, Silva‐Correia et al., 2011, Khang et al., 2015).  
Table 5.2 – Materials used for creation of osteochondral mimetic constructs 
Construct  Material Used for 3 mm 
Chondrogenic Layer 
Material Used for 7 mm Osteogenic 
Layer 
1 1.5% Gellan 30% Gelatin with 5% nano-HA 
2 1.5% Gellan 1.5% Low Acyl Gellan with 5% nano-HA 
3 1.5% Gellan 3% Alginate with /5% nano-HA 
4 1.5% Gellan 0.5% Type I Collagen 
Constructs were created by an initial deposition of a circular gellan layer of 10 mm diameter and 3 
mm height using a 5 ml syringe and 23 gauge needle (337 µm inner diameter). A second material was 
then deposited on top to create a second circular layer of 10 mm diameter and 7 mm height. All 
constructs were extruded by hand into a 0.5% agarose fluid gel supporting bath. Gelation was 
triggered with the injection of 200 mM CaCl2 around constructs with extraction performed 45 minutes 
later. The only construct where this procedure differed was for ‘Construct 4’ (gellan bottom layer and 
collagen top layer – Table 5.2) where CaCl2 was not injected until 30 minutes post-suspension due to 
the long gelation time of type I collagen. This ensured both polymers passed through the sol-gel 
transition at a similar time, creating a single structure. After extraction, constructs were washed with 
deionised water and imaged with a Nikon D3300 Digital SLR camera (Jessops, Leeds, UK).  
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5.2.11 Fabrication of mineralised polymer helical structures 
To demonstrate the complexity of structure that can be created using the suspended manufacture 
technique, an intricate, 3D helical structure was fabricated composed of gellan mixed with nano HA. 
Prior to fabrication, nano HA was synthesised using a precipitation method (Mobasherpour et al., 
2007). Solutions of 0.24 M Ca(NO3)3.4H2O and 0.29 M (NH4)2HPO4 were prepared separately in 
deionised water. Temperature of Ca(NO3)3.4H2O was maintained at 25 °C and the pH was modified 
to 11 using ammonia solution. To trigger the precipitation reaction (NH4)2HPO4 was slowly added 
drop wise to Ca(NO3)3.4H2O under constant stirring at 700 RPM with a magnetic stirrer. At a time 
point of 1 hour post-initiation the resulting suspension was aliquotted and centrifuged at 4,400 RPM 
for 10 minutes in 50 ml centrifuge tubes. The supernatant was washed and re-suspended in 40 ml 
deionised water and centrifuged a second time using the same parameters. This was repeated a third 
time but the pellet was not resuspended after the supernatant was removed. The resulting end product 
was a paste-like sol phase of nano HA which was later incorporated in gellan solutions for fabrication 
of mineralised polymer helices.  
Helices were formed by suspension in 5 ml of 0.5% agarose fluid gel inside plastic 7 ml bijoux tubes. 
Gellan was used as the polymer with nano HA incorporated to enable high resolution image 
reconstruction using X-ray computed tomography (CT-imaging). . Solutions of 1.5% w/w gellan 
mixed with 10% nano HA at 60 °C (formulated by precipitation method) were extruded into fluid gel 
samples through a hypodermic needle with a 337 µm inner diameter using a 5 ml syringe. The 
suspensions were then left at room temperature for 40 minutes to enable gelation to occur. Prior to 
extraction, samples were observed using micro CT (Bruker Skyscan 1172 – Bruker, Belgium) and 
reconstructed in 3D using CTVox software (Bruker, UK). Helices were then extracted and excess 
fluid gel was washed away with deionised water.  
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5.2.12 Initial evaluation of cell culture applications 
Cell culture procedures were conducted using mouse-derived 3T3 fibroblasts. Fibroblasts were 
seeded, expanded and passaged following the same procedures outlined in Chapter 4, Section 4.2. 
Cell culture applications of ALM using fluid gels were initially evaluated by fabricating shaped 
structures comprised of a single layer with an aim to create more complex, layered structures pending 
proof-of-concept.  
3t3 fibroblasts were trypsinised at passage 12. Cells were then counted using a haemocytometer, 
centrifuged at 1000 RPM for 3 minutes and re-suspended to a density of 3x106 cells/ml. Once re-
suspended, cells were mixed with gellan to create a gellan:cell suspension with a volume ratio of 
10:1. Cell-loaded gellan was injected into 3 separate 0.5% agarose fluid gels contained within petri 
dishes. Three different structures were created. The first was a series of straight lines across the 
diameter of the petri dish, the second the Greek symbol Σ and the final was a complex spiral to 
demonstrate flexibility of the system. Constructs were visualised using a VWR IT 400 Inverted 
Microscope (VWR, UK) to determine if suspension had been successful. After 14 days of culture a 
live/dead assay was performed as in previous sections to ensure the suspension of cell-loaded 
structures did not result in significant cell death. 
5.3 Results 
5.3.1 Fluid gel concentration tests 
For concentration tests two different types of structures were suspended in fluid gels. The first was a 
long, linear construct and the second was a denser, cylindrical structure. Both were found to be 
suspendable in all concentrations of the fluid gel (Fig. 5.4). However, at the lowest concentration, 
evidence of loss in fluid gel self-healing properties can be seen around the suspended structure. When 
injected, some of the polymer solution dispersed among the fluid gel rather than being suspended in 
it. Both structure types were recovered from each fluid gel sample but recovery from the 0.1% gel 
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was difficult as the structure was fragmented at regular intervals. Conversely, fluid gels of 1% gellan 
provided a great deal of support to suspended gellan solutions but extraction was hindered by a greater 
difficulty in separating gelled constructs from particulate gel. Therefore, 0.1% and 1% gellan fluid 
gels can be considered as the lower and upper limits for suspended manufacture when producing 
constructs from 1.5% gellan solutions.  
 
Figure 5.4 - Suspended deposition, gelation and recovery of 1% gellan in fluid gels with a varying gellan 
concentration and a constant NaCl concentration of 100 mM 
5.3.2 Rheology of gellan fluid gels  
Elastic moduli of fluid gel formulations were found to decrease as a function of reductions in gellan 
concentration with 1% gellan exhibiting the highest Gʹ (359.12 Pa at 1 rad/s) and 0.1% gellan 
exhibiting the lowest (3.92 Pa at 1 rad/s - Fig. 5.5). Each sample exhibited a slightly frequency-
dependant elastic modulus. Therefore, when considering required fluid gel properties, data should 
ideally be extrapolated from a single frequency. Gellan fluid gels investigated exhibited an elastic 
modulus of between 3.92 Pa and 359.12 Pa at a frequency of 1 rad/s. Each fluid gel concentration 
demonstrated a capacity to support suspension of 1% gellan, although some loss of rapid self-healing 
properties was observed in 0.1% gellan fluid gels (Fig. 5.4). Therefore, it is probable that a gellan 
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fluid gel exhibiting a Gʹ of <3.92 Pa at 1 rad/s would not have sufficient self-healing capacity to allow 
for suspension of 1% gellan solutions.  
 
 
Figure 5.5 - Elastic modulus (G’) in response to an increasing frequency of fluid gels made with 1% gellan (clear 
squares), 0.75% gellan (black circles), 0.5% gellan (black triangles), 0.25% gellan (black squares) and 0.1% gellan 
(black diamonds and a constant concentration of NaCl of 100 mM 
Dynamic viscosity of fluid gels also decreased with a reduction in gellan concentration. All samples 
showed shear thinning behaviour but varying viscosities. A 1% gellan fluid gel was found to have an 
initial viscosity of 14.73 Pas, decreasing to 0.52 Pas at higher shear rates. At the lowest concentration 
of gellan the initial viscosity was 0.71 Pas decreasing to 0.03 Pas at the highest shear rate (Fig. 5.6).  
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Figure 5.6 - Dynamic viscosity in response to an increasing shear rate of fluid gels made with 1% gellan (clear 
squares), 0.75% gellan (black circles), 0.5% gellan (black triangles), 0.25% gellan (black squares) and 0.1% gellan 
(black diamonds and a constant concentration of NaCl of 100 mM 
Again, shear ramp data can be used to determine the required viscosity of gellan fluid gels in order to 
support suspension, gelation and extraction of 1% gellan solutions. It can be concluded that fluid gels 
should exhibit a dynamic viscosity of at least between 0.71 Pas and 14.73 Pas at a shear rate of 1 s-1. 
Fluid gels with a viscosity of <0.71 Pas at 1 s-1 may not provide sufficient support to 1% gellan 
solutions.  
5.3.3 Rheology of agarose fluid gels 
A similar trend in elastic moduli was exhibited by agarose fluid gels with Gʹ decreasing as agarose 
concentration was reduced. Fluid gels of 1% agarose exhibited an average Gʹ of 197.04 Pa at 1 rad/s 
with 0.25% agarose fluid gels exhibiting an average modulus of 4.43 Pa at the same frequency. At a 
frequency of 1 rad/s, fluid gels of 0.5% and 0.75% agarose displayed a Gʹ of 32.11 Pa and 44.92 Pa 
respectively (Fig. 5.7).  
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Figure 5.7 - Elastic modulus (G’) in response to an increasing frequency of fluid gels made with 1% agarose (black 
squares), 0.75% agarose (black diamonds), 0.5% agarose (black triangles) and 0.25% agarose (black circles) 
Similarly, dynamic viscosity decreased with a reduction in agarose concentration. However, all 
samples did not fall within the recommended viscosity range for suspension of 1% gellan (0.71 Pas 
and 14.73 Pas at 1 s-1 (Fig. 5.6). Fluid gels of 0.25% agarose exhibited a viscosity of 0.43 Pas at a 
shear rate of 1 s-1, consequently falling below the minimum requirement of 0.71 Pas at the same shear 
rate. Fluid gels of 0.5%, 0.75% and 1% agarose exhibited viscosities of 1.42 Pas, 1.88 Pas and 4.19 
Pas at 1 s-1.  
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Figure 5.8 - Elastic modulus (G’) in response to an increasing frequency of fluid gels made with 1% agarose (black 
squares), 0.75% agarose (black diamonds), 0.5% agarose (black triangles) and 0.25% agarose (black circles) 
After analysing rheological properties of gellan and agarose fluid gels, the next aim was to find an 
optimal fluid gel composition for creating complex, gellan structures. By selecting a single fluid gel 
sample, it would be possible to evaluate the impact of factors other than fluid gel mechanical 
properties on the capacity to create suspended gellan structures. It was concluded that an agarose fluid 
gel would be better suited due a lack of affinity for cations (Letherby and Young, 1981). 
Consequently, cations introduced into the system would only interact and cross-link gellan 
suspensions, thus allowing for greater control over construct gelation. A fluid gel of 0.5% agarose 
was chosen for further investigation because shear ramps demonstrated viscosity should be sufficient 
to allow for suspension of gellan structures. Additionally, elastic modulus was far higher than that 
exhibited by 0.1% gellan fluid gels. Particle size analysis was subsequently used to determine if 
particle size distribution of 0.5% agarose fluid gels fell between that of 0.1% and 1% agarose fluid 
gels, thus further suggesting a capacity to suspend gellan structures.  
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5.3.4 Particle size analysis 
Analysis fluid gel particles revealed differences in particle size distribution between 0.1% gellan, 1% 
gellan and 0.5% agarose fluid gels. This can be observed visually in Fig. 5.9 where 0.1% gellan fluid 
gels appear to be comprised of a large quantity of smaller particles. In contrast, 1% gellan fluid gels 
appear to be comprised of a smaller number of much larger particles while fluid gels of 0.5% agarose 
seem to represent a median. This is supported by particle distribution data outlined in Fig. 5.10-5.12. 
For example, 63.5% of all particles in a 0.1% gellan fluid gel were in a size range of 0.5-1.5 µm (Fig. 
5.10). With 1% gellan fluid gels, the same size range only represented 30.5% of all particles in the 
sample (Fig. 5.11) while 44.7% of 0.5% agarose fluid particles measured 0.5-1.5 µm in size (Fig. 
5.12). Additionally, the maximum observed particle sizes for 0.1% gellan, 1% gellan and 0.5% 
agarose were 7.5 µm, 13.5 µm and 10.5 µm respectively. Consequently, regarding particle size 
distribution, 0.5% agarose fluid gels appear to fall in the middle of 0.1% and 1% gellan fluid gels. 
When combined with rheological properties falling within the required limits for suspension of 1% 
gellan, this suggested a fluid gel of 0.5% agarose was a suitable sample for further investigation.  
 
Figure 5.9 – Microscope images of 0.1% gellan, 1% gellan and 0.5% agarose fluid gel particles  
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Figure 5.10 – Particle size distribution of 0.1% gellan fluid gels represented by average number of particles in a 
specific size range and % of particles under a specific size  (error bars represent +/- 1 standard deviation, n = 8) 
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Figure 5.11 – Particle size distribution of 1% gellan fluid gels represented by average number of particles in a 
specific size range and % of particles under a specific size (error bars represent +/- 1 standard deviation, n = 8) 
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Figure 5.12 – Particle size distribution of 0.5% agarose fluid gels represented by average number of particles in a 
specific size range and % of particles under a specific size (error bars represent +/- 1 standard deviation, n = 8) 
5.3.5 Tuning construct resolution  
With mechanical boundaries for suspending solutions of 1% gellan determined, the next stage of 
development was to determine how the resolution could be tuned to allow control over size and shape 
of fabricated constructs.  Viscosity of extruded solution, inner diameter of hypodermic needles used 
and the rate at which polymer solutions were laterally deposited were all found to influence construct 
resolution (Fig. 5.13-5.15). Construct resolution increased as a function of viscosity (Fig. 5.13) with 
structures fabricated of high viscosity (0.81 Pas at 1 s-1) gellan showing a greater than two-fold 
reduction in average height (10.31 mm vs. 4.78 mm). This correlated with an increase in construct 
height from 1.40 mm at low viscosity (0.06 Pas at 1 s-1) to 3 mm at high viscosity (0.81 Pas at 1 s-1). 
The resulting trend infers viscosity of deposited gellan solutions can be modified to facilitate greater 
control over polymer deposition facilitating fabrication of more intricate structures.  
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Figure 5.13 – The effect of solution viscosity at 1 s-1 on width and height of resulting extruded constructs deposited 
at a rate of 125 µl/s (error bars represent +/- 1 standard deviation, n = 6) 
Further tuning of construct resolution was achieved by varying needle aperture for deposition (Fig. 
5.14). By extruding high viscosity gellan (0.81 Pas at 1 s-1) through a hypodermic needle with a 0.26 
mm inner diameter, constructs were fabricated with an average height and width of 2.32 mm and 3.51 
mm respectively. Increasing the needle inner diameter resulted in constructs with greater height and 
width and, thus, a lower resolution.  
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Figure 5.14 – The effect needle inner diameter on width and height of resulting extruded constructs deposited at a 
rate of 125 µl/s (error bars represent +/- 1 standard deviation, n = 6) 
Average height and width of constructs decreased with an increase in lateral deposition speed (Fig. 
5.15). Combining high viscosity of gellan, a 260 µm inner diameter needle and a lateral deposition 
speed of 2.5 cm/s resulted in the highest construct resolution of all three experiments. Average width 
and height were tuned to 1.30 mm and 2.60 mm respectively.  
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Figure 5.15 – The effect of lateral deposition speed on width and height of resulting extruded constructs deposited 
at a rate of 125 µl/s (error bars represent +/- 1 standard deviation, n = 6) 
5.3.6 Formation of multi-layered structures 
Initial evaluation revealed a capacity to fabricate layered hydrogel structures comprised of two 
different soft materials via suspended deposition in 0.5% agarose fluid gels (Fig. 5.16). Sufficient 
control can be exhibited to facilitate deposition of separate layers and integration into a similar 
structure. Additionally, the capacity to integrate multiple materials is not impaired by differences in 
density between materials. This is best demonstrated in structure C in Fig. 5.16 where 30% gelatin 
with 5% nano HA was deposited on top of 1.5% gellan. The top layer remained suspended and did 
not sink into the bottom layer, resulting in formation of a single construct of two integrated materials. 
Integration in each structure was sufficient to prevent separation of the two layers upon extraction. 
However, structure A (collagen and gellan) exhibited some weak points around regions in the 
interface suggesting the two materials did not fully integrate prior to and during gelation possibly due 
to differences in gelation time between the two materials.  
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Figure 5.16 – Fabrication and extraction of structures containing a layer of 1.5% gellan and a second layer of A) 
0.5% type I collagen, (construct appears pink due to being dyed with culture media for easier deposition) B) 3% 
alginate with 5% nano HA, C) 30% gelatin with 5% nano HA and D) 1.5% gellan with nano HA (scale bars 
represent 5 mm) 
5.3.7 Fabrication of mineralised gellan helices 
Investigation into fabrication of more intricate structures resulted in successful generation of a 
mineralised gellan helix (Fig. 5.17). A helical structure was successfully deposited in agarose fluid 
gel and subsequently recovered without compromising structural integrity. Due to the presence of 
nano HA, CT images were successfully generated indicating complexity of the suspended structure. 
This further demonstrates the control that can be exhibited over fabrication of complex, high 
resolution hydrogel constructs.  
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Figure 5.17 – Fabrication of a mineralised gellan helix (A), micro CT image demonstrating complexity of 
suspended helical structure (B) and extraction of mineralised gellan helix (C) (scale bars represent 5 mm) 
5.3.8 Cell culture proof-of-concept 
Multiple cell-loaded, shaped gellan hydrogels were successfully fabricated, cultured and extracted 
(Fig. 5.18). Live/dead staining revealed high cell viability in each structure as indicated by green 
fluorescence emitted by encapsulated fibroblasts. This provides a proof-of-concept for further 
investigation into use of suspended deposition in fluid gel supporting media for fabrication of tissue 
engineering scaffolds from soft materials.  
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Figure 5.18 - Recovery and live/dead staining of 3T3 fibroblast-loaded gellan hydrogels suspended in A) linear 3D 
structures B) the shape of the Greek symbol ‘Sigma’/Σ and C) the shape of a spiral 
5.4 Discussion 
The nature of particle-particle interactions in a fluid gel system presents perhaps the most likely 
explanation for their fluid-supporting properties. Fluid gels can be distinguished from the high 
viscosity solutions that are often utilised as ALM supporting media because, while they exhibit flow 
properties, fluid gels are rheologically classified as gels rather than solutions. This is because fluid 
gels exhibit a higher Gʹ than Gʹʹ with high viscosity fluids displaying the opposite (Sworn et al., 1995). 
Fluid gel viscosity is mediated by particle-particle interactions rather than molecular entanglement 
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meaning particles will form bonds with each other but not with suspended polymer solutions. 
Interactions between particles, therefore allow for suspension and support of a secondary phase even 
if polymer concentration and subsequent density vary greatly. This is demonstrated in Fig. 5.16 where 
a gelatin solution with a 65% water content was suspended in a fluid gel of 99.5% water. The gelatin 
solution did not sink through the fluid gel allowing it to be deposited in a controlled manner such that 
it could be suspended on top of 1.5% gellan solution. 
Minimum required elastic modulus, dynamic viscosity and particle size distributions for a fluid gel 
to act as supporting media for 1% gellan solutions was determined via characterisation of a 
formulation containing 0.1% gellan and 0.5% NaCl (Fig. 5.4, 5.5 and 5.9-5.12). Since loss of rapid 
self-healing capabilities in the supporting media was seen with this formulation it can be suggested 
that any fluid gel exhibiting weaker gel properties, a lower viscosity and reduced particle size would 
likely rupture further and not support deposited fluids. This can be explained by the relationship 
between particle size, stiffness, aggregation and resulting fluid gel viscosity. It has previously been 
shown that fluid gel particles form bridges with neighbouring particles in order to create a paste-like 
phase as described previously (Norton et al., 1999). An increase in particle stiffness and size as a 
result of higher polymer concentration promotes more frequent interactions between particles. This 
allows particles to pack together more tightly such that a greater shear force is required to break the 
bonds between them and fluid gel viscosity subsequently increases (Farrés et al., 2014). Such a trend 
was observed in rheological characterisation of each fluid gel with elastic modulus, viscosity and 
particle size found to reduce with polymer concentration (Fig. 5.5-5.9). Inability to rapidly self-heal 
and subsequent loss of structure in gellan solutions suspended in a 0.1% gellan fluid gel (Fig. 5.4) 
suggests there is a threshold in fluid gel strength below which it can no longer act as a supporting 
media. Below the threshold, it is likely that there is insufficient aggregation of fluid gel particles 
(demonstrated by low viscosity) as a result of reduced particle size and strength. When polymer 
solutions are therefore deposited, the shear force applied by deposition is greater than the required 
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shear force to separate fluid gel particles and the network ruptures, resulting in flow of suspensions. 
Conversely, at higher polymer concentrations, a much larger shear force is required to separate fluid 
gel particles. While this better facilitates support of deposited polymer solutions, upper limits apply 
as when require shear force to separate particles is too high, extraction of softer structures can be 
impaired by difficulties in removing excess fluid gel (Fig. 5.4). However, there is potentially a large 
spectrum of required fluid gel properties such that they could be tailored to suit fabricating constructs 
of varied mechanical properties. For example, a stronger, more viscous fluid gel with greater particle 
sizes could be used to fabricate structures from strong and stiff polymer formulations while less 
viscous fluid gels with smaller particles could be used to create much softer structures.   
A fluid gel of 0.5% agarose was chosen for further investigation due to particle size distribution 
falling in the middle of the required size for this application (Fig. 5.9-5.12). Additionally, the elastic 
modulus was significantly higher than that of a 0.1% gellan fluid gel (32.11 Pa vs. 3.92 Pas at 1 Hz). 
Moreover, viscosity was higher than in a 0.1% gellan fluid gel (1.42 Pas vs. 1.08 Pas at 1 s-1) but 
significantly lower than observed in 1% gellan fluid gels  (14.73 Pas at 1 s-1). As a result, it was 
concluded that low viscosity a 0.5% agarose fluid gel should facilitate easy extraction of gelled 
constructs. Additionally, by exhibiting a higher modulus and particle size than that of 0.1% gellan 
fluid gels, it was suggested that 0.5% agarose could exhibit sufficient self-healing properties for use 
as a supporting media in this application. This is evidenced by successful fabrication of layered 
structures, a mineralised gellan helix and cell loaded, gellan constructs (Fig. 5.16-5.18).  
Resolution of suspended structures is, however, viscosity dependant (Fig. 5.13). In order to fabricate 
a high resolution suspended structure such as the mineral helix presented in Fig. 5.17, sufficient 
viscosity is required to prevent viscous flow of extruded solutions. This is highlighted by a reduction 
in construct resolution when low viscosity gellan solutions were suspended. It is possible that at low 
viscosities, deposited fluids have a capacity to flow between fluid gel particles, thus reducing the 
control over the precision with which structures can be fabricated. Moreover, construct resolution can 
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be further tuned by variations in needle aperture during extrusion and lateral deposition speed (Fig. 
5.14-5.15). It is likely that a reduction in needle inner diameter reduces droplet size when polymer 
solutions are extruded (Tripp et al., 2016), thus facilitating deposition of smaller structures. 
Depositing using an increased lateral speed reduces the number of droplets extruded across the length 
of a construct, further increasing resolution.  When combined, all three factors can be used to tune 
resolution of fabricated structures providing a platform for customising the shape and size of resulting 
hydrogel scaffolds with relative ease.  
Fabrication of mineralised gellan helices highlights the control that can be exhibited to facilitate 
creation of complex structures (Fig. 5.17). Helices of polymer solution were successfully suspended, 
something that is not possible without use of supporting media. Moreover, structural integrity was 
not compromised during extraction. This is of significance as gellan gum hydrogels are highly brittle 
(Sworn et al., 1995). When extracted the helix retained its shape, demonstrating successful support 
provided by the particulate gel network. Moreover, a lack of structural failure indicates the level of 
ease with which gelled structures can be separated from fluid gel supporting media.  
Successful generation of a single construct comprised of multiple, separately added layers of different 
materials provides a proof-of-concept for fabrication of layered, multicellular tissue engineering 
scaffolds as outlined in Fig. 5.3. While integration of the two materials used in each structure shown 
in Fig. 5.16 was successful, constructs of collagen and gellan showed weak integration in comparison 
to the other fabricated structures. This could be attributable to significant differences in gelation time 
between gellan and collagen. Gelation of gellan is rapid while collagen has a much longer onset of 
gelation. As a result, it is likely that the layer of gellan gelled before the collagen, thus impairing 
integration of the two materials. In contrast, interfaces between alginate/HA, gelatin/HA and 
gellan/HA and gellan were much stronger as each material has a similar, rapid onset facilitating 
simultaneous gelation of two materials into a single structure. Each structure displayed in Fig. 5.16 
could potentially be used as an osteochondral model due to successful formation of a 2-layered 
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structure with an interface. Constructs fabricated from gelatin/HA-gellan could be used for cell 
delivery in an osteochondral defect, for example. This is due to gelatin often exhibiting a melting 
temperature below the physiological value of 37 °C (Eldridge and Ferry, 1954). Therefore, cell loaded 
scaffolds could be fabricated and implanted into in vivo defects whereby gelatin would melt and 
release cells from the scaffold. Similarly, breakdown of alginate in vivo as a result of ion exchange 
could also facilitate such an application (Thomas, 2000). Scaffolds fabricated from gellan/HA-gellan 
and collagen-gellan would be more suited as implants for long term 3D culture as neither material 
undergoes rapid breakdown in physiological conditions. Moreover, collagen is natively cell adhesive 
and incorporation of 5% HA or greater in gellan has also been shown to facilitate cell adhesion 
(Jamshidi et al., 2015). Such structures could be implanted into osteochondral defects and cultured 
without undergoing rapid breakdown, thus supporting longer periods of cultivation.  
Another significant result is the high cell viability in constructs fabricated by suspended manufacture 
(Fig 5.18). When cell-loaded constructs are generated using this method, a polymer/cell suspension 
is extruded through a hypodermic needle. A shear force is applied to the polymer when pressure is 
applied to the syringe plunger. This results in flow as a result of shear thinning and allows for 
extrusion of materials through a needle. However, the same shear force is also applied to cells 
suspended in the polymer solution. A similar mechanism is often employed in other bioprinting 
mechanisms and it has been shown that shear forces applied in printing can compromise cell viability 
if they are too great (Farrés et al., 2014). However, viability in fabricated constructs was high 
suggesting shear forces required to extrude materials in this system are not above the threshold at 
which cell viability can be compromised.  
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5.5 Conclusions 
Fluid gels have been presented as possible platforms for rapid prototyping of 3D tissue culture 
substrates by acting as a supporting media for ALM. Rheological boundaries were characterised and 
tunability of the system was successfully demonstrated. The system allows for generation of complex, 
intricate structures such as a 3D helix and facilitates incorporation of multiple materials into a single 
construct. Cell-loaded structures were also successfully fabricated with a high viability exhibited by 
encapsulated 3T3 fibroblasts. Fabricated cell-loaded structures were, however, fairly simple and 
comprised of a single material. As a result, Chapter 6 highlights the significance of such a system 
from a more clinical perspective with a focus on addressing healthcare issues associated with damage 
to layered osteochondral tissue. A study was subsequently designed to evaluate use of ALM with 
fluid gel supporting media to fabricate layered, cell-loaded culture scaffolds for repair of 
damaged/degraded osteochondral tissue.  
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Chapter 6 – Fabrication of a Layered 
Tissue Culture Scaffold for Repair of 
Human Osteochondral Defects 
 
Aspects of this chapter are published in Advanced Materials.  
Moxon, S. R. Cooke, M. E. Cox, S. C. Snow, M. Jeys, L. Jones, S. W. Smith, A. M. Grover, L. M. 
(2017) Suspended Manufacture of Biological Structures, Advanced Materials, 1605594. 
All experiments involving use of human tissue samples and cells were conducted in accordance to 
ethical guidelines (Ethics Reference Number – 12/EE/0136). 
6.1 Introduction 
Osteochondral tissue is key to joint function and contains an interface between subchondral bone and 
hyaline cartilage. Damage to osteochondral tissue can lead to significant discomfort and impaired 
function of joints. The most notable example of osteochondral degeneration is osteoarthritis (OA), an 
age-related degenerative disease caused by damage and breakdown of hyaline cartilage and 
underlying, subchondral bone (Buckwalter and Mankin, 1997). Current estimates stipulate ~40% of 
people aged over 65 suffer from OA, thus presenting it as a significant health problem affecting 
quality of life with occurrences likely to increase with improved global life expectancy (Dunlop et 
al., 2001). Consequently, research into methods for treatment of damaged osteochondral tissue is 
widespread with numerous techniques approved for clinical use such as reparative surgery, autografts, 
allografts and implantation of autologous chondrocytes for tissue regeneration (Brittberg et al., 2001, 
Rönn et al., 2011). However, current treatments are hugely limited by aspects such as lack of donor 
availability and poor formation of fibrocartilage. Furthermore, current methods often inflict 
additional damage to osteochondral tissue before triggering repair (Schaefer et al., 2000). As such, a 
great deal of emphasis is placed on the requirement for new methods of repairing damaged 
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osteochondral tissue with a focus on integration of tissue engineering scaffolds as osteochondral 
analogues for regeneration of healthy tissue. Understanding the complex structure of osteochondral 
tissue is critical to the process of developing new therapeutic approaches, especially regarding design 
of 3D tissue culture scaffolds (Martin et al., 2007).  
Structurally, osteochondral tissue can be broken down into three layers, namely hyaline cartilage, 
subchondral bone and calcified cartilage with the latter serving as the interface. Integration of each 
layer is critical in facilitating the normal function of osteochondral tissue (Li et al., 2015). Collagen 
fibres penetrate across each layer providing joints with resistance to shear stress with the most 
abundant being types I, II and X (Redler et al., 1975, Levingstone et al., 2014, Nukavarapu and 
Dorcemus, 2013). Additionally, a gradient in mineralisation is exhibited with transition from un-
mineralised cartilage, through calcified cartilage and into the highly mineralised structure of 
subchondral bone (Seidi et al., 2011). When considering tissue engineering approaches to repairing 
damaged osteochondral tissue, scaffolds that reflect this tiered structure provide a promising platform 
for regenerating healthy tissue (Fig. 6.1).   
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Figure 6.1 – A schematic demonstrating transition from a superficial layer of articular cartilage through an 
osteochondral interface and into porous, cancellous bone (Adapted from Li et al. 2015 with permissions from Oxford 
University Press) 
Mechanical properties of osteochondral tissue also vary between each layer with hyaline cartilage 
exhibiting a significantly lower modulus than subchondral bone. A recent study by Campbell et al. in 
2012 quantified changes in mechanical behaviour across the three layers of osteochondral tissue by 
nanoindentation (Campbell et al., 2012). Subchondral bone was shown to exhibit and average 
indentation modulus of 22.8 GPa with the interface and hyaline cartilage exhibiting moduli of 21.3 
GPa and 5.7 GPa respectively. Therefore, a gradient in mechanical strength exhibited by 
osteochondral tissue coincides with the transition into more mineralised tissue.  
Cellular composition also differs in each region of osteochondral tissue with articular cartilage being 
populated by chondrocytes. Subchondral bone contains populations of the four bone cell types 
outlined in Chapter 1 (osteoblasts, osteoclasts, osteocytes and bone lining cells), however osteoblasts 
are the most significant in maintenance and repair due to their role in bone formation (Rawadi et al., 
2003). At the interface, chondrocytes are present and known to undergo genotypic changes by up-
regulating genes associated with a hypertrophic phenotype. This results in synthesis and deposition 
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of a Type X collagen matrix and subsequent mineralisation to form the foundation of calcified 
cartilage (Mahjoub et al., 2012).  
Consequently, design of osteochondral scaffolds is very challenging as, in order to more accurately 
reflect native tissue, substrates composed of multiple materials and cell types are desirable. One 
promising model is a scaffold containing segregated layers of osteoblasts and chondrocytes, each 
present in a different mechanical environment (Panseri et al., 2012). For a subchondral bone analogue, 
it is desirable to present cells with an environment exhibiting high matrix stiffness. Therefore, 
osteoblasts are often cultured within a mineralised, ordered matrix in order to better stimulate 
expression of a native phenotype (Kim et al., 2005). Secondly, a material exhibiting much lower 
matrix stiffness and seeded with chondrocytes is desirable for a cartilage analogue. Most critically, 
the two materials should be present in distinct layers but also interface in a controlled manner such 
that they do not separate under shear force. Mechanical behaviour of an osteochondral scaffold should 
ideally reflect the trend observed in native tissue and, therefore have a gradient in mineralisation 
across the structure (Mohan et al., 2014, Di Luca et al., 2015). Moreover, for clinical applications, it 
is desirable for the thickness of each layer to be tunable to reflect variances in relative thickness 
observed between different joints and individuals (Shepherd and Seedhom, 1999). 
Some progress has been made in designing tissue culture scaffolds for osteochondral repair. For 
example, a study by Khanarian et al., (2012) proposed an agarose-hydroxyapatite (herein referred to 
as ‘HA’) scaffold seeded with chondrocytes as a potential osteochondral hydrogel-ceramic composite 
(Khanarian et al., 2012). Chondrocytes seeded in agarose-HA composites showed increased ECM 
synthesis and activity of enzymes associated with mineralisation such as ALP. However, scaffolds 
were not layered and, thus did not exhibit any of the required gradients for an optimal osteochondral 
scaffold. Moreover, a single cell type was seeded rather than multiple cell types. Another study  by 
Cheng et al., (2011) arguably presents a more promising method for creating more analogous 
osteochondral scaffolds (Cheng et al., 2011). Collagen microspheres seeded with MSC’s were used 
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to fabricate a layered co-culture of osteoblasts, hypertrophic chondrocytes and chondrocytes, thus 
mimicking cellular content of osteochondral tissue. Fabrication was complex, however, and layers 
were comprised of pre-gelled collagen microspheres bringing into question the strength of interface 
between each layer.  
In this chapter, ALM using fluid gel as a supporting media is presented as a method for fabricating a 
single, multicellular gradient structure for use as an osteochondral plug. Building on proof-of-concept 
with fabrication of osteochondral-like scaffolds from multiple materials (Chapter 5 - Fig. 5.16), 
gellan/HA-gellan scaffolds were chosen for further investigation. This was due to ease of gelation 
into a single, layered structure and an ability to support long-term 3D culture. A study was then 
designed to apply this to a human cell culture model for regeneration of knee osteochondral defects. 
The process involved extraction of tissue, defect simulation and isolation of primary osteoblasts and 
chondrocytes from excess tissue. Defects were then reconstructed with micro-CT and a CAD model 
was generated and used to guide fabrication of an autologous, cell-loaded osteochondral scaffold for 
osteochondral defect repair (Fig. 6.2). Rheological properties were evaluated to determine if a 
mechanical gradient similar to that exhibited by native tissue could be obtained. Autologous, cell-
loaded scaffolds were implanted into osteochondral defects and cultured for 30 days before extraction 
and evaluation of osteogenic and chondrogenic responses by reverse transcription (RT PCR). This 
study was carried out in collaboration with The University of Birmingham and conducted under strict 
ethical boundaries for the use of human samples (Ethics Reference Number – 12/EE/0136). 
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Figure 6.2 – Simulation of a human osteochondral defect and subsequent reconstruction and fabrication of a cell-
loaded scaffold for osteochondral repair 
6.2 Materials and Methods 
6.2.1 Materials 
Gellan (low acyl – referred to as ‘gellan’) was purchased from Kalys (Benin, France). Agarose was 
purchased from Sigma Aldrich (Dorset, UK). For PCR, primer sequences for each gene were designed 
using Primer Express 3 software (Applied Biosystems, Warrington, UK) and produced by 
LifeTechnologies (Cramlington, UK). OneStepPLUS SYBR Green Dye was purchased from 
PrimerDesign (Eastleigh. UK). 
Cell culture plastics, syringes and hypodermic needles were purchased from Sigma-Aldrich (Dorset, 
UK). All other reagents and cell culture media and supplements were purchased from Sigma-Aldrich 
(Dorset, UK) and used without further purification. 
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6.2.2 Extraction and culture of primary human cells 
Osteochondral knee tissue was harvested from patients undergoing elective total knee replacement 
surgery. Sections of cartilage and subchondral bone were surgically removed and cells isolated. 
Cartilage was removed and minced into 2 mm3 pieces before enzymatic digestion in 2 mg/ml 
collagenase at 37 °C for 3 hours to isolate primary chondrocytes. Primary osteoblasts were isolated 
by culturing 5 mm3 bone chips in supplemented DMEM (10% FBS, 2.5% L-glutamine, 2.5% HEPES 
buffer and 1% penicillin/streptomycin) at 37 °C for 14 days. Both cell types were cultured in T75 
flasks using supplemented DMEM at 37 °C and 5% CO2 with media changed every 3 days. 
6.2.3 Defect creation and reconstruction 
Samples of osteochondral tissue were cultured in supplemented DMEM at 37 °C and 5% CO2 until 
required. To simulate an osteochondral defect circular holes were drilled through both the bone and 
cartilage layers of tissue samples using a sterilised drill. Each tissue block was imaged by microCT 
and reconstructed in 3D using CTVox software. Guided by dimensions outlined in microCT the defect 
was reconstructed as a two-layered structure similar to those created in Chapter 5, Fig, 5.16. Gellan 
(1.5% w/w – sterilised by autoclaving) loaded with 1x106 primary human chondrocytes was deposited 
in a 0.5% agarose fluid gel in a circular layer of 3 mm thickness and 10 mm diameter. A second layer 
of 1.5% gellan/5% HA loaded with 1x106 primary human osteoblasts was deposited on top in a 
circular layer of 7 mm thickness and 10 mm diameter (to match tissue thickness and diameter of 
defect as determined by micro-CT and CAD reconstruction). Cells used in each construct were 
extracted from the tissue they were implanted in to ensure scaffolds were autologous.  
Once both layers were deposited 200 mM CaCl2 was injected around the suspended structure to 
trigger gelation. After 45 minutes constructs were extracted with a sterile spatula and excess fluid gel 
was washed away with sterile deionised water. Acellular scaffolds were also fabricated from the same 
materials for use in investigation of rheological properties.  
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6.2.4 Stress sweeps of osteochondral implants 
To evaluate changes in mechanical behaviour across constructs, moduli of three acellular scaffolds 
were analysed via stress sweeps. After gelation and extraction, constructs were sliced laterally into 4 
regions using a sterile scalpel (Fig 6.3). Stress sweeps were conducted on each region using a Malvern 
Kinexus Pro rheometer (Malvern, UK) fitted with a 40 mm serrated parallel plate geometry. Elastic 
and viscous moduli (Gʹ and Gʹʹ) were analysed in response to increasing stress from 1-100 Pa at a 
constant temperature of 37 °C and a frequency of 10 rad/s. Values were then compared to 
nanoindentation moduli of the relevant regions in native tissue (sourced from Campbell et al. 2012) 
to observe any similarities in trends in mechanical behaviour.  
6.2.5 Culture of osteochondral implants  
Following bioprinting, cells encapsulated in custom-shaped hydrogels were cultured for 30 days in 
one of four conditions. Test samples were cultured inside simulated defects of human knee tissue 
with supplemented DMEM. Three control samples were also prepared with implants cultured in 
DMEM without tissue, cultured in conditioned culture media without tissue or cultured in separate 
layers of encapsulated chondrocytes or osteoblasts using supplemented DMEM. Constructs were kept 
at 37 °C in a 20% O2 humidified incubator and media was changed every 3 days. Conditioned culture 
media was created by exposing supplemented DMEM to human tissue for 48 hours prior to use. 
6.2.6 Reverse transcription PCR (RT-PCR) – RNA Isolation 
Cell-loaded osteochondral plugs were extracted from tissue after 30 days culture and sliced into three 
regions as demonstrated in Fig 6.5. RNA was isolated from gels using TRIzol® reagent. Gel cross-
sections were separated and 500 µl TRIzol® reagent was added to each and left for 5 minutes before 
removal. Samples were transferred in to sterile eppendorf tubes where 100 µl chloroform was added 
for separation of RNA, protein and DNA. The aqueous RNA-containing phase was removed and 
RNA was precipitated using 500 µl 100% isopropanol. Samples were then centrifuged for 15 minutes 
at 12,000 Xg and 4°C. The supernatant was removed and pellet washed in 1 ml 75% ethanol diluted 
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in RNAse free water, dried in a vacuum desiccator for 15 minutes and re-suspended in RNAse-free 
water. RNA concentration and A260/280 ratios were quantified by spectrophotometry to determine 
RNA purity (NanoDrop 2000, ThermoScientific). RNA was stored at -80 °C prior to use. 
6.2.7 RT-PCR 
Quantification and expression of type I collagen (COL1A1) and type II collagen (COL2A1), key 
osteogenic and chondrogenic markers, was performed on isolated RNA using precision 
OneStepPLUS SYBR Green Dye with β-actin used as a housekeeping gene. Primer sequences are 
shown in Table 1. Gene expression was quantified using the Pfaffl method (Pfaffl, 2001). 
Table 6.1 - Primers used for real-time PCR 
Gene Forward Primer Reverse Primer 
Collagen Type II ACTGGATTGACCCCAACCAA TCCATGTTGCAGAAAACCTTCA 
Collagen Type I CTGTTCTGTTCCTTGTGTAACTGTGTT GCCCCGGTGACACATCAA 
 
6.3 Results 
6.3.1 Fabrication of cell-loaded osteochondral implant scaffolds 
Layered, multicellular scaffolds were successfully fabricated in cell culture conditions (Fig. 6.3). 
Both materials were successfully integrated into a single, self-supporting scaffold that could be 
handled without compromising structural integrity.   
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Figure 6.3 – Layered, multicellular scaffolds comprised of chondrocyte-loaded gellan and osteoblast-loaded 
gellan/HA (scale bar represents 5 mm) 
6.3.2 Stress sweeps of osteochondral scaffolds 
Stress sweeps of Region A-D revealed a gradient in mechanical properties across osteochondral 
scaffolds (Fig. 6.4). The trend shows some similarities to trends in mechanical properties observed in 
the three main regions of osteochondral tissue where Region A represents hyaline cartilage, Region 
B represents calcified cartilage and regions C and D represent subchondral bone. The highest modulus 
was observed in Region C of constructs with an average Gʹ of approximately 42 KPa. Transition 
through Region B and into Region A resulted in a reduction in modulus with a G′ of 33 KPa and 22 
KPa exhibited in Regions B and A respectively. Similarly, in osteochondral tissue, subchondral bone 
exhibits the highest modulus, hyaline cartilage the lowest and calcified cartilage falls in between. 
Region D of constructs, however, exhibited the lowest Gʹ and was the only region not to follow 
observed trends in mechanical properties across osteochondral tissue.  
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Figure 6.4 – A comparison of storage moduli in 4 regions of osteochondral scaffolds with nanoindentation moduli 
osteochondral tissue (Nanoindentation moduli extrapolated from Campbell et al. 2012 where Region A represents 
hyaline cartilage, Region B represents calcified cartilage and regions C and D represent subchondral bone (error 
bars represent +/- 1 standard deviation, n = 3) 
6.3.3 RT-PCR  
Constructs were successfully manufactured to fit tightly into simulated osteochondral defects with 
layer thickness matching that of native tissue (Fig. 6.5). After 30 days in vitro culture, layered 
scaffolds were successfully extracted for analysis of gene expression using RT-PCR. Scaffolds 
retained their structure throughout the culture process. PCR for types I and II collagen revealed a 
gradient in ratio of expression after 30 days culture in simulated defects (Fig. 6.5). Expression of 
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COL2A1, the gene responsible for initiation type II collagen synthesis, was highest in cells located 
in the cartilage region of scaffolds. Conversely, COL1A1 (responsible for type I collagen) showed 
the lowest levels of expression in cells within this region. The ratio of type I and II expression changed 
across the structure with the highest COL1AL expression observed in the bone region. This suggests 
cells encapsulated in the cartilage region retained a chondrogenic phenotype while cells in the bone 
region retained an osteogenic phenotype. The change in ratio of COL1A1 and COL2A1 expression 
across scaffolds suggests potential integration of both materials and cell types. 
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Figure 6.5 – Expression of COL1A1 and COL2A1 30 days post implantation in three regions of a fabricated 
osteochondral scaffold seeded with human primary osteoblasts and chondrocytes (error bars represent +/- 1 
standard deviation, n = 3, PCR data annotated to show ratios of COL1A1 to COL2A1 gene expression) 
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6.4 Discussion 
This study has demonstrated the potential for ALM using fluid gels as a supporting media as a method 
for manufacturing layered tissue culture scaffolds from soft materials. Scaffolds fabricated in this 
study were aimed at creating an osteochondral analogue that could be used as an autologous tissue 
culture implant for defect repair. A construct of two distinct layers, each comprised of a different 
material, was successfully fabricated in cell culture conditions (Fig. 6.3). Both materials integrated 
such that a single structure was formed and each layer did not separate during extraction from 
supporting media. Fabricated scaffolds were successfully manufactured to fit tightly into 
osteochondral defects with layers that matched the thickness of native tissue (Fig. 6.5). Furthermore, 
after 30 days of culture in osteochondral defects, scaffolds retained their structure and distinct layers 
and could be handled without deforming.  
Stress sweeps of the osteochondral constructs highlighted the successful integration of two different 
materials into a single structure with a gradient in Gʹ observed (Fig. 6.4).  Interestingly, the trend in 
mechanical properties observed in Regions A-C shows some similarity to reported changes in 
modulus across osteochondral tissue where it was previously demonstrated that subchondral bone 
exhibited the highest modulus, hyaline cartilage the lowest with calcified cartilage (the interface) 
falling between the two, albeit closer to the modulus of bone (Campbell et al., 2012). A similar trend 
was observed in fabricated constructs with Region A (cartilage layer) exhibiting a significantly lower 
modulus than Region C (bone layer) and Region B (interface) falling between both values. This could 
be attributed to nanocrystalline HA (nano HA) in the bone layer interacting with gellan chains, thus 
increasing homogeneity in the gelled network. Such a trend has been reported previously with nano 
HA shown to significantly increase modulus of gellan hydrogels (Jamshidi et al., 2012). Therefore, 
an increase in modulus across the structure provides evidence for transition from demineralised gellan 
into gellan mineralised with nano HA. This could provide further support to the conclusion that a 
gradient structure had been fabricated. Region D, however, exhibited the lowest modulus despite 
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being the upper bone region of the construct. This Region should be comprised of gellan/HA and, 
therefore, would be expected to exhibit a higher modulus than Regions A and B. However, it is 
possible that this drop in modulus can be attributed to sedimentation and sinking of HA as a result of 
significant differences in density to gellan (3.16 g/cm3 vs. 1 g/cm3). Nano HA was effectively 
suspended in gellan solution, which does not provide the structural support of fluid gel particles and 
thus, prior to gelation, the composite may have sunk into the lower regions of the construct bone 
layer, resulting in a lower modulus in Region D.  
Additionally, while trends observed in Regions A-C bare resemblance to that observed in native 
tissue, it is also worth noting that indentation moduli of native tissue regions were orders of 
magnitudes greater than storage moduli of respective construct regions. Additionally, methods used 
to determine both differed greatly. However, parallels between the two trends still highlight the level 
of control exhibited over mechanical properties within each region of osteochondral constructs.  
Expression of COL1A1 and COL2A1 by cells across the structure also revealed evidence in a gradient 
of cell type. In the cartilage layer of constructs, cells retained a chondrogenic phenotype as 
demonstrated by high levels of COL2A1 expression (Ghayor et al., 2000). In the bone region, cells 
retained an osteogenic phenotype with high levels of COL1A1 expression (Dacic et al., 2001). This 
indicates that while the two sections of the osteochondral scaffold are well integrated (mechanical 
evidence), the embedded cell population retain their original native phenotype.  This is something 
that has proven challenging with existing technologies for tissue structuring. Moreover, results 
represent a potential indication of early stages of new bone and cartilage formation. High levels of 
COL2A1 gene expression by chondrocytes in the cartilage region could be indicative of synthesis 
and deposition of type II collagen. Type II collagen is a principle component of cartilage ECM and 
production by chondrocytes is often associated with early cartilage formation (Smits et al., 2001). 
Additionally, elevated expression of COL1A1 by osteoblasts located in the bone region of constructs 
eludes to an increase in synthesis of type I collagen. As a principle component of bone, this could 
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highlight evidence of synthesis and deposition of bone ECM and the early stages of new bone 
formation (Komori, 2009). At the interface, COL1A1 expression levels fell between those observed 
in the bone and cartilage layers, suggesting a presence of osteoblasts, albeit in smaller numbers than 
observed in the bone layer. Interestingly, expression of COL2A1 in this region was the lowest. This 
could be attributed to presence of a small number of chondrocytes; however an alternative explanation 
could be chondrocytes in this region undergoing hypertrophy stimulated by the presence of a calcified 
matrix populated by osteoblasts at the interface. When cartilage and subchondral bone interface in 
native osteochondral tissue, chondrocytes undergo hypertrophy (Alhadlaq and Mao, 2005). Type X 
collagen is synthesised by hypertrophic chondrocytes at the expense of type II collagen synthesis. 
This is because promoters associated with upregulation of COL10A1, the gene associated with type 
X collagen synthesis, also stimulate suppression of COL2A1. The Runx2 transcription factor is 
thought to be heavily involved in regulating this change in gene expression by directly triggering 
onset of a hypertrophic phenotype. (Dong et al., 2006, Von der Mark et al., 1992, Yamasaki et al., 
2001). Therefore it is possible that, at the interface, constructs contained both osteoblasts and 
hypertrophic chondrocytes, thus further replicating the cellular content of osteochondral tissue. 
However, without analysing expression of COL10A1 in this region, this cannot be fully confirmed.  
6.5 Conclusions 
This chapter has outlined the potential of using suspended manufacturing with fluid gels as an ALM 
supporting medium to fabricate layered tissue culture scaffolds. Suspended manufacturing was 
successfully implemented in the creation of a scaffold that contained 3 distinct regions with different 
chemical, structural and mechanical properties. Additionally, cellular content of each region also 
displayed evidence of variation. Bulk properties of the fabricated scaffolds exhibited some analogies 
to native osteochondral tissue such as trend in mechanical properties, gradients of mineralisation and 
the presence of separate regions of osteoblasts and chondrocytes. When implanted into human 
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osteochondral tissue, cells retained a native phenotype with different ratios of COL1A1 and COL2A1 
observed in cells located within each region of the construct.  
In summary, Chapters 5 and 6 have presented a method for replicating in vivo environments for 
culture of complex, layered tissues by fabrication of scaffolds containing multiple structural and 
mechanical properties. Chapter 7 will outline an alternative approach to modelling gradient structures 
in a tissue culture scaffold with hydrogels exhibiting isotropic mechanical properties, but with the 
ability to deliver different chemical cues throughout the structure. This was explored as a technique 
for the triggering multi-lineage differentiation of a single mesenchymal stem cell population within 
distinct regions of a single hydrogel structure. 
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Chapter 7 – Controlled Multi-Lineage 
Differentiation of Rat Bone Marrow 
Stromal Cells within a Single Hydrogel 
Structure  
 
Aspects of this chapter are currently in preparation for submission to Biomaterials.  
7.1 Introduction 
Mesenchymal stem cells (MSC’s) are popular tools for tissue engineering applications due to their 
capacity to differentiate into multiple different cell types (Pittenger et al., 1999). They can be isolated 
from multiple tissue sources such as adipose tissue, bone marrow stroma and umbilical cord blood 
with success rate of isolation varying between each source (Kern et al., 2006). It is possible to culture 
a number of tissue types such as bone, cartilage, muscle or fat from a single population of MSC’s by 
supplying a variety of specific differentiation cues (Caplan, 2007). Chapters 4-6 have highlighted the 
impact of varied mechanical cues on cell behaviour and such properties are reported to impact stem 
cell behaviour (Guilak et al., 2009). For example, one study has demonstrated how different 
mechanical environments can directly influence stem cell lineage specification (Engler et al., 2006). 
However, another effective way of directing differentiation into different cell types is by supplying a 
MSC population with a specific combination of chemical cues.  For example, it has been 
demonstrated that differentiation can be triggered down an osteoblastic lineage by supplementing cell 
culture media with dexamethasone, ascorbic acid and β-glycerophosphate (Langenbach and 
Handschel, 2013). Similarly, chondrogenic differentiation can be triggered by supplementing cell 
culture media using the same chemical cues but with addition of further compounds such as sodium 
pyruvate and transforming growth factor-beta1/TGF-β1 (Solchaga et al., 2011). Therefore, by 
tailoring chemical cues, differentiation down multiple different cell lineages can be triggered from a 
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single stem cell population. Current approaches to using stem cells as tools for tissue engineering 
often employ similar methods of culture outlined throughout this thesis with 3D scaffolds presenting 
a preferred platform to 2D monolayer populations (Wang et al., 2005, Mauck et al., 2006, Zhao et al., 
2006).  Research, however, mainly focuses on culturing a single cell/tissue type from a population of 
encapsulated MSC’s (Shin et al., 2004, Fukuda, 2001, Li et al., 2005).  This is due to a difficulty in 
delivering different media types to stem cell populations in a controlled manner using current 3D 
culture methods.  
When culturing cells within a hydrogel scaffold for example, media is generally applied to the gel 
surface and allowed to diffuse through the network in order to supply encapsulated cells with nutrients 
and any differentiation cues the media may contain (Saleh et al., 2012). While this is an effective way 
of supplementing encapsulated cells, it does not facilitate controlled delivery of media types to 
specific regions within a hydrogel. Media placed on the surface diffuses isotropically through a 
hydrogel matrix (Tibbitt and Anseth, 2009). Therefore, using such a technique, it is not possible to 
deliver multiple chemical cues in the form of different media types to a stem cell population in a 
controlled manner (Huh et al., 2011). Consequently, this inhibits the capacity to trigger controlled 
differentiation of MSC’s into multiple cell types within select areas of a hydrogel. When designing 
an osteochondral model for example, osteogenic and chondrogenic differentiation media could be 
used to create a co-culture of osteoblasts and chondrocytes (Lin et al., 2014). However, if both 
osteogenic and chondrogenic differentiation media are introduced to a hydrogel surface they will 
diffuse uniformly through the porous network and create a homogenous mix of media types and thus, 
both osteoblasts and chondrocytes. Such a co-culture would not be reflective of native osteochondral 
tissue as a controlled gradient between both cell types is required (Nukavarapu and Dorcemus, 2013). 
In order to create a 3D osteochondral hydrogel co-culture from a stem cell population, delivery of 
chemical cues to trigger differentiation should be controlled such that segregated populations of 
osteoblasts and chondrocytes can cultured. Moreover, an interfacial region between both cell types 
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should be evident (Gao et al., 2001). This chapter presents a potential method for exhibiting greater 
control over delivery of specific media types to selective regions of a hydrogel via the use of media 
channels (Fig. 7.1). By using channelled structures to control diffusion of media it may be possible 
to develop multiple cell types from a single MSC population and create a controlled interface between 
the two cell types. This could be of particular interest for modelling in vivo environments such as the 
osteochondral interface. 
 
 
Figure 7.1 – Concept image of how channels could be used to deliver different media types to regions of a cell-
loaded hydrogel 
This proposed technique involves the use of a mechanism that has shown recent promise in tissue 
engineering applications known as fluidic system. A microfluidic system allows for control over 
delivery of small volumes of fluids by injection into channels with dimensions ranging from tens to 
hundreds of micrometres (Whitesides, 2006). Such systems have shown recent promise as they allow 
for control over various cell culture parameters such as nutrient supply, pH and metabolite removal 
(Harink et al., 2014). Various applications of microfluidic systems have been developed and shown 
to be relevant to tissue culture applications but this chapter focuses on one in particular, namely use 
of microfluidics to create soluble gradients. Soluble gradients play a key role in cell behaviour during 
 165 
 
formation of new ECM and organisation into tissue with cells exhibiting different responses to 
gradients in chemical cues versus bulk addition (Harink et al., 2013). Consequently, microfluidic 
systems have been investigated as models for replicating soluble gradients in chemical cues observed 
in tissue development. For example, it has been demonstrated that a channelled hydrogel system can 
be used to replicate chemical gradients in neurogenesis, thus directing neural differentiation of 
adipose-derived stem cells (Choi et al., 2011). This chapter aims to build on such work by developing 
a channelled microfluidic agarose hydrogel system for creating gradients of osteogenic and 
chondrogenic differentiation cues with an aim to develop an osteochondral culture. Agarose has been 
chosen due to a number of desirable properties outlined in Chapter 2 section 2.2.2. Gelation is not ion 
dependent and consequently not triggered by ionic content in culture media. As a result, agarose 
solutions can be seeded with cells in culture media and gelation can be managed by temperature alone. 
This facilitates the easy manipulation of cell-laden agarose, for fabricating channelled hydrogel 
structures like the example displayed in Fig. 7.1. Furthermore, because agarose is not naturally cell 
adhesive, encapsulated stem cells will not attach to the hydrogel matrix and proliferate. This is 
advantageous as osteogenic and chondrogenic differentiation have been shown to occur over a period 
of up to 4 weeks when chemical cues are added in bulk (Fernandez-Moure et al., 2015). In this system 
chemical cues will be introduced in much smaller volumes so differentiation could potentially occur 
over a period greater than 4 weeks. Over such a period, attached stem cells would proliferate and 
require passaging which is difficult in 3D culture. Moreover, it has been demonstrated that high 
passage number has a negative impact on stem cell multipotency (Crisostomo et al., 2006, Demerdash 
et al., 2015, Rastegar et al., 2015). By encapsulating cells in agarose, cell proliferation can be inhibited 
by a lack of cell adhesion, thereby supporting long term culture. Furthermore, it has been shown that 
a lack of cell attachment does not inhibit differentiation of MSC’s (Jahromi et al., 2011).  
In this chapter, the use of channelled agarose hydrogels was investigated, as a mechanism to control 
the delivery of different chemical cues to different regions of the hydrogel scaffold. It was 
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hypothesised that by using this method it would be possible to create gradients in chemical cues for 
differentiation of rat bone marrow stromal cells (rBMSC’s) across a single hydrogel structure, with 
the ultimate aim to produce a 3D osteochondral culture model. Such a model would therefore, contain 
a controlled co-culture of segregated populations of osteoblasts and chondrocytes with an interface 
between the two, all cultured from the same rBMSC population within a single structure.  
7.2 Materials and Methods 
7.2.1 Materials 
Plastic cultureware was purchased from Sigma-Aldrich (Dorset, UK). Differentiation supplements 
and TrypLE™ cell detachment enzyme were purchased from Thermo Fischer Scientific (Runcorn, 
UK). Agarose powder (microbiology grade, low EEO), cell culture media and all other cell culture 
reagents were purchased from Sigma-Aldrich (Dorset, UK) and used without further purification. 
TRIzol® reagent and PCR primers were purchased from Life Technologies (Cramlington, UK) and 
Precision OneStepPLUS SYBR Green Dye was purchased from PrimerDesign (Eastleigh, UK). 
Calcein AM and propidium iodide were purchased from Life Technologies (Cramlington, UK). 
Alkaline phosphatase assay substrate and stop solution were purchased from Cambridge Bioscience 
(Cambridge, UK). Alizarin red and alcian blue staining dyes were purchased from Sigma-Aldrich 
(Dorset, UK). Chloroform used for PCR was purchased from Fisher Scientific (Loughborough, UK) 
and ethanol, 100% isopropanol and RNAse free water were purchased from Sigma-Aldrich (Dorset, 
UK). 
7.2.2 Preparation of agarose hydrogels 
Agarose powder was dispersed in deionised water at a temperature of 85 °C, a concentration of 0.5% 
w/w and in batches of 200 mL. Mixtures were stirred at 900 RPM using a magnetic stirrer until fully 
dissolved and any water lost through evaporation was replaced. Hydrogels were formed by allowing 
agarose solutions to quiescently cool to room temperature.  
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7.2.3 Gelation properties  
Rheological analysis was carried out on 0.5% agarose in order to determine both gelation temperature 
and modulus of resulting hydrogels. Solutions of 0.5% agarose were loaded onto the bottom geometry 
of a Bohlin Gemini rheometer (Malvern, UK) at 90 °C. Temperature dependence of G′ and G″ were 
measured during cooling from 90  °C to 10  °C at a rate of 2 °C/min using a 55 mm 2° cone and plate 
geometry. Oscillation frequency and strain were fixed at 10 rad s-1 and 0.5% respectively. All 
measurements were performed within the linear viscoelastic region.  
7.2.4 Diffusion studies 
To visualise the effect of time constraints on diffusion through agarose networks 0.5% agarose 
hydrogels were created with two channels meeting in a T-junction to demonstrate complexity of 
structures that can be created and to assess if multidirectional diffusion can occur. Hot agarose 
solutions were poured into modified petri dishes (60 mm diameter) containing retractable glass rods 
with a 2 mm inner diameter. Once set, rods were removed to create the T-junction channels. 
Methylene blue (500 µl of 1% w/w) was injected into each channel and allowed to diffuse over a 
period of 48 hours. Images were taken at various time intervals to map the extent of diffusion.  
7.2.5 Channelled hydrogel cell culture proof of concept  
Mouse-derived 3t3 fibroblasts were cultured at 37  °C and 5% CO2 in Dulbecco’s Modified Eagle’s 
Media (DMEM) supplemented with 10% FBS, 1% penicillin/streptomycin, 2.5% L-glutamine and 
2.5% HEPES buffer. At 70% confluent, cells were detached with TypLE™ dissociation reagent, 
counted and re-suspended in 0.5% agarose solution (autoclaved for sterility) at a density of 1x106 
cells/ml. Cell-laden agarose solution was then poured into a modified 35 mm petri dish containing a 
single retractable rod and allowed to cool and undergo gelation before the rod was removed. This 
created a cell-loaded agarose hydrogel with a single central channel. Supplemented DMEM was 
injected into the media channel using a sterile syringe and cells were then cultured at 37  °C and 5% 
CO2. After 24 hours the media channel was flushed with PBS and fresh media was injected and left 
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for a further 24 hours. This procedure was repeated for a period of 7 days with no media being placed 
on the gel surface.  
7.2.6 Live/dead assay  
After 7 days of culture (in which media was only supplied through the media channel), PBS was 
flushed through the media channel and used to wash the gel surface. Excess PBS was aspirated and 
replaced with fresh DMEM. Calcein AM and propidium iodide were added at volumes of 7 µl and 
25 µl respectively. Samples were incubated at 37 °C for 30 minutes in the absence of visible light 
before visualisation at 520 nm using an Olympus Fluorescence Microscope (Olympus Microscopes, 
UK). 
7.2.7 Culture and encapsulation of rBMSC’s 
Primary rBMSC’s were isolated from the femurs of a sacrificed Wistar rat via sterile dissection in a 
class II laminar flow hood. Femurs were cut at both ends and stromal cells were flushed out into 
separate 50 ml centrifuge tubes via injection of supplemented DMEM through the bone marrow 
cavity to create two cell suspensions (one from each bone). Cell suspensions were centrifuged for 3 
minutes at 1000 RPM and supernatants were removed. Cell pellets were re-suspended in 10 ml fresh 
DMEM by gentle mixing before transferring to two separate T-75 cell culture flasks for culture at 37 
°C and 5% CO2. At passage 4 cultures were trypsinised, counted and re-suspended in sterile 0.5% 
agarose solution at a density of 1x106 cells/ml. The suspension was poured into modified 35 mm petri 
dishes with two parallel, retractable glass rods which were removed post-gelation to create rBMSC-
loaded hydrogels with two media channels. Osteogenic media was injected into one channel and 
chondrogenic media into the other (500 µl of each). Supplemented Alpha Modified Minimum 
Essential Eagle’s Media (αMEM, 2 ml) was pipetted onto the gel surface. After 24 hours of culture 
media channels were flushed and supplemented αMEM was injected into both channels and cells 
were cultured for a further 24 hours. This process was repeated for a period of 6 weeks to induce 
differentiation. Gels were washed every 3 days with fresh media being pipetted onto the surface. As 
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a control group, an additional four rBMSC-loaded gels were created using the same encapsulation 
process. However, retractable glass rods were not used so no channels were present. Cells in this 
group were cultured in supplemented αMEM and not given any differentiation cues. After 7 days a 
single cell-loaded gel was removed and a live/dead assay was conducted as described in section 7.2.6 
to ensure the encapsulation process had not compromised cell viability and cells were being 
maintained.  
7.2.8 Histological Staining of encapsulated rBMSC’s 
After 6 weeks two cell-loaded gels were washed with PBS and cultures were fixed with 10% buffered 
formalin for 30 minutes at room temperature. Gels were then sliced in half along the x-axis, thus 
cutting each channel in half, and the bottom half of one gel was swapped with the top half of another 
to ensure each sample was exposed to both alizarin red and alcian blue dyes (Fig. 7.2).  
 
Figure 7.2 – A schematic demonstrating how cell-loaded gels were sliced and arranged. Gel A was stained with 
alizarin red and gel B was stained with alcian blue 
Alizarin red (2 ml) was added to one sample to specifically stain for mineral deposits associated with 
osteogenesis. Alcian blue (2 ml) was added to the second sample to stain for glycosaminoglycan 
deposition as a possible indicator for chondrogenesis.  Both samples were incubated in the absence 
of visible light for 30 minutes before the removal of excess dye with thorough washing in deionised 
water.  
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7.2.9 Histology of stained cultures 
Stained three dimensional cultures were frozen and cross-sectioned using a cryostat (Starlet, Bright 
Instruments, and UK). Briefly, samples were fixed to a steel plate using cryo-embedding media and 
flash frozen with cryo spray before being sliced. Cross-sections were placed onto glass slides with a 
glass coverslip and observed with a Leica compound bright field microscope (Leica Microscopes, 
UK). 
7.2.10 Alkaline Phosphatase Assay 
Alkaline phosphatase activity was determined using an assay based on hydrolysis of p-nitrophenyl 
phosphate substrate to p-nitrophenol which is catalysed by ALP. A higher concentration of p-
nitrophenol indicates higher ALP activity. Presence of elevated ALP activity is indicative of 
osteoblast activity and, thus, is used in this study to highlight potential osteogenic differentiation of 
rBMSC’s.  
Cell-loaded hydrogels were sliced parallel to the media channels in order to separate the osteogenic, 
chondrogenic and interfacial regions. Each region of the gel was homogenised separately and cells 
were lysed in 500 µl RIPA cell lysis buffer with protease inhibitor for 10 minutes at 4 °C. Cell lysate 
was then centrifuged in 1 ml eppendorf tubes for 10 minutes at 12,000 x g and 50 µl of supernatant 
from cells encapsulated in hydrogel regions 1, 2 and 3 (Fig. 7.8) were loaded into a 96-well plate in 
triplicate. Cell lysate from controls was also loaded in triplicate with cell lysis buffer used as a blank 
sample. The reaction was triggered with the addition of 50 µl StemTAG™ AP Activity Assay 
Substrate. Samples were incubated for 30 minutes at 37  °C and 5% CO2 before the reaction was 
stopped with 100 µl stop solution. Absorbance was read at 405 nm and activity was calculated from 
a pre-prepared standard curve of concentrations ranging from 1-250 nM p-nitrophenol. Results were 
tested for significant differences as in Chapter 4, section 4.2.21. 
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7.2.11 Reverse transcription PCR (RT-PCR) – RNA Isolation 
Cell-loaded gels were sliced into three regions as demonstrated in Fig 7.8 and 7.9. RNA was isolated 
from gels using TRIzol® reagent. Gel cross-sections were placed into separate wells of a 6-well plate 
and 500 µl TRIzol® reagent was added to each and left for 5 minutes before removal. Samples were 
transferred to sterile 1 ml eppendorf tubes and 100 µl chloroform was then added to separate the RNA 
into a separate, aqueous phase. This was then removed and RNA was subsequently isolated from the 
aqueous phase via precipitation using 500 µl of pure isopropanol. Samples were then centrifuged for 
15 minutes at 12,000 X g and 4°C. The supernatant was removed and pellet washed in 1 ml 75% 
ethanol diluted in RNAse free water, dried in a vacuum desiccator for 15 minutes and re-suspended 
in RNAse-free water. RNA concentration and A260/280 ratios were quantified by spectrophotometry 
(NanoDrop 2000, ThermoScientific). RNA was stored at -80 °C before use for PCR 
7.2.12 Real-time quantitative PCR 
Precision OneStepPLUS SYBR Green Dye (PrimerDesign) was used with GAPDH housekeeping 
gene for quantification and expression of collagen type I (COL1A1), a key osteogenic marker and 
type II (COL2A1), a key chondrogenic marker. The forward and reverse primer sequences were 
designed with Primer Express 3 software (Applied Biosystems) and produced by LifeTechnologies 
(UK). Primer sequences are shown in Table 7.1. Variation in gene expression was calculated using 
the Pfaffl method (Pfaffl, 2001). 
Table 7.1 - Primers used for real-time PCR 
Gene Forward Primer Reverse Primer 
COL1A1 CTGTTCTGTTCCTTGTGTAACTGTGTT GCCCCGGTGACACATCAA 
COL2A1 ACTGGATTGACCCCAACCAA TCCATGTTGCAGAAAACCTTCA 
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7.3 Results 
7.3.1 Rheology 
Rheological analysis of 0.5% agarose during cooling revealed the onset of gelation occurred at ~35 
°C (Fig. 7.3). As agarose passed through a sol-gel transition, the relationship between the elastic and 
viscous moduli changed. Prior to gelation the polymer displayed a higher viscous modulus (Gʹʹ), 
indicating agarose was present as a disordered polymer solution. Transition into a more ordered 
hydrogel network triggered a shift in which the elastic modulus (Gʹʹ) became significantly larger with 
a Gʹ of 3231.5 Pa and a Gʹʹ of 86.8 Pa at 10  °C indicating formation of a strong gel. It is possible 
therefore, to mix a suspension of cells with 0.5% agarose at 37 °C as the polymer is still in sol form. 
Gelation into a cell-loaded gel can then be subsequently triggered by cooling. This does involve 
temporarily exposing cells to temperatures lower than the optimum of 37°C. However, studies have 
demonstrated that this does not negatively impact cell viability (Yoon et al., 2003, Furukawa and 
Ohsuye, 1999) 
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Figure 7.3 – Elastic modulus (Gʹ) and viscous modulus (Gʹʹ) of 0.5% agarose (w/w) during cooling 
7.3.2 Diffusion studies 
Once injected into channels, methylene blue diffused readily through an agarose polymer network 
(Fig. 7.4). At a time point of 24 hours post-injection, methylene blue had diffused approximately 1.5 
cm from each channel in all directions. At 48 hours post-injection, methylene blue had diffused an 
even greater distance from the channels such that most of the matrix was dyed blue. This model is 
useful as an indication of how certain components in osteogenic and chondrogenic differentiation 
media may diffuse through channelled agarose matrices. A critical factor that often affects diffusion 
of compounds through hydrogel matrices is molecular weight (Drury and Mooney, 2003, Lieleg and 
Ribbeck, 2011, Smith et al., 2012). Methylene blue has a molecular weight of 319.85 g/mol which is 
similar to certain osteogenic and chondrogenic media components such as dexamethasone (392.461 
g/mol), β-glycerophosphate (216.04 g/mol) and ascorbic acid (176.12 g/mol). Therefore, results 
presented in Fig. 7.4 could be indicative of how osteogenic and chondrogenic media may diffuse 
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through agarose hydrogel matrices, providing an idea of required time constraints to restrict diffusion. 
This suggested that 24 hours may be an appropriate time period for controlling diffusion of such 
compounds through an agarose network.  
 
Figure 7.4 – Diffusion of methylene blue through a 0.5% agarose hydrogel over 48 hours after injection into 
channels 
7.3.3 Culture of 3t3 fibroblasts in a channelled structure 
After 7 days of culture, live/dead staining revealed an increase in cell death as distance from the 
central media channel increased (Fig. 7.5). In regions in close proximity to the channel cells were 
alive as indicated by green fluorescence. In regions greater than 1.5 cm away from the channel, cells 
had died as shown by red fluorescence. Constraining diffusion of media from the channel to a period 
of 24 hours restricted delivery to segregated regions of the cell-loaded gel and created controlled 
regions of live and dead cells. Cell death in regions greater than 1.5 cm from the channel was also 
supported by the methylene blue diffusion results where, 24 hours post-injection, the dye diffused 
over a distance of approximately 1.5 cm from each channel (Fig. 7.4). 
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Figure 7.5 – Calcein AM/propidium iodide staining from various regions of a 0.5% agarose hydrogel containing 
3t3 fibroblasts cultured for 7 days using a single media channel 
7.3.4 Live/dead assay of encapsulated rBMSC’s 
Live/dead staining of rBMSC’s demonstrated that cell viability was not compromised during 
encapsulation into a channelled gel and cells could be maintained within channelled gels for 7 days 
(Fig. 7.6).  The cells also appeared to be dispersed uniformly through the agarose gel matrix 
suggesting that the channelled agarose hydrogels were a suitable platform for culturing rBMSC’s. 
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Figure 7.6 – Calcein AM/propidium iodide staining results from osteogenic (A) and chondrogenic (B) regions of a 
0.5% agarose hydrogel containing rBMSC’s after 7 days of culture 
7.3.5 Histological analysis of encapsulated cultures 
Alizarin red is used to detect mineralisation associated with early osteogenesis due to an affinity to 
specifically bind to calcium-based deposits (Gregory et al., 2004). Additionally, alcian blue is used 
to stain for sulphated and carboxylated glycosaminoglycans; key components of cartilage ECM and 
indicators of early chondrogenesis (Berg et al., 2009).  
Evidence of calcified mineral deposition was observed when specific hydrogel regions were stained 
with alizarin red (Fig. 7.7). Interestingly little evidence for mineral deposition was seen in outer 
regions of areas closer to the osteogenic media channel. This is indicated by a very noticeable 
decrease in specific alizarin red staining of cells and surrounding ECM. When regions closer to the 
osteogenic channel and further towards the interfacial region were observed there appeared to be a 
much greater degree of mineralisation. This suggests that cells in the outer regions of the hydrogel 
showed little osteogenic activity.  In regions closer to both the osteogenic channel and interface 
however, there is an indication of rBMSC differentiation into osteoblasts. Further magnification of 
samples revealed a matrix that appears to be saturated with highly mineralised nodules towards 
central regions of the gel. Areas closer to the chondrogenic channel revealed evidence of 
glycosaminoglycan deposition when stained with alcian blue (Fig. 7.7) with specific blue staining of 
apparent GAG depositions. GAG’s such as chondroitin sulphate and keratin sulphate are key 
 177 
 
components of cartilage ECM and markers for early chondrogenesis (Knudson and Knudson, 2001). 
Therefore, specific staining with alcian blue in regions around the chondrogenic channel is indicative 
of possible chondrogenesis. 
 
Figure 7.7 – Histology of osteogenic and chondrogenic regions of rBMSC-loaded gel when stained with alizarin 
red and alcian blue after 6 weeks culture 
7.3.6 ALP Assay   
Alkaline phosphatase activity of encapsulated rBMSC’s was indirectly evaluated by the 
concentrations of p-nitrophenol measured in the various regions on the hydrogel (Fig 7.8). A higher 
concentration of p-nitrophenol indicated a greater level of ALP activity. A significant elevation in 
ALP activity was only seen in region 2 of cross-sectioned hydrogels with a p-nitrophenol yield of 
127 nmol (vs. 70 nmol in the control sample). A slight elevation in activity was observed in region 3 
with a yield of 88 nmol whereas in region 1 the lowest ALP activity was observed with a p-nitrophenol 
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concentration of 53 nmol produced. Differences between ALP activity levels were deemed significant 
as indicated by a p value of <0.05. A surge in ALP activity seen in region 2 appears to coincide with 
histological results where the greatest degree of mineralisation was observed in similar regions (Fig. 
7.7). Similarly the low ALP activity in region 1 provides a potential explanation of low amounts of 
mineral deposition observed in similar regions stained with alizarin red with ALP being a key protein 
in mineralisation.  
 
Figure 7.8 – A photographic image demonstrating (A) how cell-loaded gels were sliced for bioassays and PCR 
combined with (B) results indicating alkaline phosphatase activity as a function of [p-nitrophenol] produced by 
hydrolysis of p-nitrophenyl phosphate (error bars represent +/- 1 standard deviation, n = 8) 
7.3.7 RT-PCR  
Gene expression levels of both Col1 and Col2 varied in different regions of hydrogel samples (Fig. 
7.9). Elevated Col1 gene expression was observed in region 2 with a value of 3.7 indicting expression 
was 3.7 times higher than in control samples. In region 1 Col1 expression levels were very similar to 
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those seen in control values (1.1 times higher than control) with a slighter increase in expression seen 
in region 3 (1.5). This trend mirrors ALP activity in each region and further alludes to a dominance 
of cells displaying an osteogenic phenotype in region 2. In region 3 Col2 expression levels were 
elevated to 2.1 times higher than in control samples further supporting a hypothesis for 
chondrogenesis in this region. Col2 expression was not significantly elevated in regions 1 and 2 (1.1 
and 1.0 respectively) suggesting chondrogenesis did not occur. This, again, coincides with 
histological results showing evidence for chondrogenesis in region 3 indicated by staining of 
glycosaminoglycans. A slight elevation in Col1 expression and ALP activity in region 3 also suggests 
presence of osteoblasts, albeit in lower quantity than region 2.  
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Figure 7.9 – RT-PCR results showing Col1 and Col2 expression relative to GAPDH in three regions of a cell loaded 
hydrogel (error bars represent +/- 1 standard deviation, n = 6) 
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7.4. Discussion 
Agarose was chosen as the polymer for this study due to rheological properties outlined in Fig. 7.3. 
At temperatures above 35  °C and a concentration of 0.5% (w/w) agarose is in a liquid, with the 
polymer in the disordered form. Gelation is occurs at ~35  °C as indicated in a rapid rise in both the 
elastic modulus (Gʹ) and viscous modulus (Gʹʹ) at temperatures <35 °C . Consequently, a cell-
suspension can me mixed with a 0.5% agarose solution at 37 °C and left to cool, triggering gelation 
into a cell-loaded structure at 35°C. After gelation the hydrogel exhibited a final elastic modulus of 
3232 Pa. Gʹʹ was significantly lower than Gʹ (868 Pa vs. 3319) indicating a strong cell-loaded gel 
could be formed with 0.5% agarose. Agarose is also commonly reported to show thermal hysteresis. 
Despite gelation occurring at 35°C, a resulting cell-loaded hydrogel will not melt back into solution 
when placed in culture conditions of 37 °C as a significantly higher temperature is required, making 
agarose suitable polymer for this application. 
Encapsulation using this protocol does not result in significant cell death as indicated by live/dead 
assays (Fig. 7.6). This assay was also used to evaluate an initial proof-of-concept for using channels 
to control media diffusion within a hydrogel (Fig. 7.5). Fibroblasts were encapsulated and only 
supplied media via injection into a single channel. As distance from the channel increased, the amount 
of live cells decreased as shown by a change from green, live cells to red, apoptotic cells with 
significant cell death seen at distances > 1.5 cm from the channel. Increase in cell death as a function 
of distance suggested that diffusion of supplemented media had been controlled and restricted. This 
is further supported by methylene blue diffusion results (Fig. 7.4) where a diffusion radius of 
approximately 1.5 cm was observed 24 hours post-injection of the dye.  Theoretically results from 
both experiments can translate to an rBMSC model whereby cells that are within approximately 1.5 
cm of a channel would receive differentiation media via injection in a channel and cells that are 
greater than 1.5 cm from the channel would not. A period of 24 hours was determined as the optimal 
time constraint in order to successfully exhibit the desired control over media diffusion.  
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Applying this to an rBMSC-loaded gel with two channels successfully resulted in the delivery of both 
osteogenic and chondrogenic media to segregated regions (Fig. 7.7, 7.8 and 7.9). As a result both 
chondrocytes and osteoblasts were cultured with the potential to develop an interface between the 
two.  
Evidence for osteogenesis within cell-loaded hydrogels can be observed in histology, ALP assay and 
RT-PCR results (Fig. 7.7, 7.8 and 7.9). Histological staining with alizarin red revealed gradients in 
mineralisation across hydrogel samples (Fig. 7.7). This can be explained by the observed changes in 
alkaline phosphatase activity (Fig. 7.8). Alkaline phosphatase is an enzymatic protein found in 
multiple tissues but elevated levels of expression and activity have been widely reported in early bone 
formation (Bellows et al., 1991a, van Straalen et al., 1991, Weinreb et al., 1990b). As a result, ALP 
is now regarded as a key marker for early osteogenesis. The protein actively promotes mineralisation 
by both hydrolysing extracellular pyrophosphate and increasing intracellular phosphate 
concentrations. This acts to aid synthesis of hydroxyapatite, the main inorganic component of bone. 
Elevated ALP activity, therefore, leads to increased mineralisation and this trend is mirrored in results 
from histology and ALP assays. In regions of samples where little mineralisation was observed 
(regions 1 and 3), ALP activity was also reduced. In region 2 where ALP activity was highest, the 
greatest degree of matrix mineralisation was observed (Fig. 7.7 and 7.8).  
Further evidence for osteogenesis in region 2 of samples is provided by increased Col1 expression 
(Fig. 7.9). While hydroxyapatite provides the main inorganic component of bone, the primary organic 
component is type I collagen. Osteoblasts synthesis type I collagen before mineralising it with 
calcium-based compounds and type I collagen and ALP are thought to function in synergy. ALP binds 
to collagen fibrils and, thus, aids in collagen mineralisation. Elevated ALP and Col1 expression paired 
with alizarin red staining revealing mineralised nodules in region 2 provides strong evidence for 
presence of mature osteoblasts.  
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Alcian blue staining results suggested chondrogenesis in region 3 of cell-loaded gels. This was further 
supported by RT-PCR results for Col2 gene expression (Fig. 7.7 and 7.9 respectively). While GAG 
deposition is heavily associated with chondrogenesis due to high proportions of proteoglycans in 
cartilage matrix, other cell types deposit GAGs as part of ECM (Duncan and Berman, 1991, Sugahara 
and Kitagawa, 2000). A more specific marker for chondrogenesis is a combination of GAG deposition 
and type II collagen synthesis (Toh et al., 2012). In region 3 of hydrogel samples Col2 expression 
was elevated and alcian blue revealed an indication of GAG deposition within the same region 
providing evidence of chondrogenesis.   
Interestingly, ALP activity levels are also slightly elevated in region 3 of hydrogel samples. One 
possible explanation for this is expression of the protein by maturing chondrocytes. While ALP does 
not play as big a role in chondrogenesis as in osteogenesis, it has been reported to show type II 
collagen-mediated activity in cartilage (Rastegar et al., 2015). Type II collagen can bind to a receptor 
expressed on the surface of chondrocytes known as Annexin V. This stimulates an influx of Ca2+ ions 
mediated by Annexin V. Intracellular concentrations of calcium ions become elevated and this 
triggers an increase in alkaline phosphatase activity. However, a slight up-regulation of Col1 in region 
3, albeit not as pronounced as in region 2, was observed (Fig. 7.9) providing a more probable 
explanation for elevated ALP activity in region 3.  Presence of osteoblasts in parts of region 3 but at 
a lower density than in region 2 would also result in such a trend. When combined with higher Col2 
expression, this may allude to a potential interface of osteoblasts and chondrocytes between regions 
2 and 3.  
In region 1 of the cell-loaded gel ALP activity and expression of both genes were all approximately 
lower than or equal to the control. This initially suggesting rBMSC’s could be undifferentiated in this 
region despite being close to the osteogenic channel. However, an alternative explanation relates to 
observations made by Jiang et al.,(2005) where osteoblast and chondrocytes were simultaneously co-
cultured. The study involved development of an osteoblast-chondrocyte co-culture with an aim to 
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develop an osteochondral analogue. It was reported that at the interfacial region, both cell types 
retained a native phenotype as evidenced by high expression of cell specific markers. Osteoblasts 
exhibited high levels of type I collagen gene expression while chondrocytes showed high levels of 
type II collagen. However, there was also evidence to suggest cell-cell interactions at the 
osteochondral-like interface mediated matrix production with a pronounced effect on mineralisation 
by osteoblasts. Reduced activity of alkaline phosphatase was reported in osteoblasts neighbouring the 
osteochondral interface with controls (osteoblasts cultured separately) exhibiting higher ALP activity. 
This was attributed to cell-cell interactions resulting in secretion of factors that trigger responses in 
neighbouring cells, mediating mineralisation (Jiang et al., 2005). Since this initial study, various other 
research groups have reported similar observations of chondrocyte populations directly influencing 
osteogenesis in osteochondral models. For example, Pan et al.,(2009) highlighted the importance of 
biochemical signalling between articular cartilage and subchondral bone in regulating ECM synthesis 
during early osteochondral tissue development (Pan et al., 2009). Moreover, further studies have 
revealed the MAPKinase signalling pathway in chondrocytes has a direct, inhibitory effect on 
osteoblast differentiation (Prasadam et al., 2010). Additionally, it has been reported that TGF-β3, a 
major signalling component of chondrogenesis, can negatively impact mineralisation by osteoblasts 
neighbouring an osteochondral interface by delaying ALP activity (Guo et al., 2010). Such 
observations could present an insight into the evidence of reduced mineralisation observed in Region 
1 of channelled hydrogels despite the presence of osteogenic differentiation media (Fig. 7.7-7.9). It 
is plausible that synthesis of key bone ECM components has been inhibited by biochemical signals 
received from the forming interface between osteoblasts and chondrocytes. The exact mechanism 
inhibiting matrix formation is not clear but it could be related to the previously reported studies 
highlighting suppression of osteoblast phenotype expression via biochemical signals produced by 
chondrocytes in early chondrogenesis.  
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7.5 Conclusions  
Results of histology, ALP activity assays and RT-PCR suggest the successful culture of both 
osteoblasts and chondrocytes from a single rBMSC population. There is evidence of osteoblast 
activity in Region 2 of channelled hydrogels as evidence by high ALP activity and type I collagen 
mRNA synthesis. Increased type II collagen mRNA synthesis and GAG deposition in Region 3 
indicates chondrocytic activity. More importantly, there is little evidence of chondrogenesis in Region 
2 suggesting both cell types have been successfully segregated. Slight expression of osteogenic 
markers in Region 3 also suggests that an interface between both cell types may be located between 
Regions 2 and 3. Furthermore, reduced expression of osteogenic markers in Region 1 could allude to 
cells at the interface mediating osteogenesis as previously reported, further supporting the conclusion 
that an osteochondral analogue has been successfully cultured.  
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Chapter 8 – Summary, Conclusions and 
Future Recommendations   
 
The purpose of this research was to develop potential new approaches to 3D cell culture using 
biopolymer hydrogel scaffolds. By manipulating chemical and mechanical properties of biopolymers 
commonly used in tissue engineering, 3D cell culture models were developed with a capacity to 
directly influence cell behaviour. A protocol was developed for tuning mechanical properties of 
gellan gum hydrogels via pulsed sonication. Modification of matrix stiffness in gellan hydrogels 
directly influenced behaviour of mouse osteoblast precursor cells in vitro. This demonstrated the 
potential implications of modifying a single mechanical property on cell phenotype.  
Building on this, a new method was developed for fabricating biopolymer hydrogels exhibiting 
multiple mechanical properties. Fluid gels were exploited as a support media for ALM of layered cell 
culture scaffolds. This technique was investigated for fabrication of biphasic scaffolds with potential 
applications in culture of osteochondral tissue.  
Finally, an alternative method for creating anisotropic 3D culture environments was investigated. 
Gels with a single mechanical property but different chemical properties were created via use of 
media channels to control diffusion of small molecules through agarose hydrogel matrices. Again, 
focus was on creating a potential osteochondral model. Key highlights and future prospects for each 
study are outlined below.  
8.1 Tuning the Rheology of Gellan Gum Hydrogels for Cell Culture Applications 
Chapter 4 highlighted the potential of using pulsed sonication to exhibit greater control over the 
rheology of gellan gum hydrogels. Application of sonication resulted in breaking of gellan molecules 
into smaller fragments of lower molecular weight. This had a direct influence on rheology with a 
reduction in gellan solution viscosity. Additionally, stiffness and elasticity of gellan hydrogels was 
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reduced by sonication. Changes in rheological properties could be controlled by varying the 
amplitude of applied ultrasonic waves with higher amplitudes triggering a greater reduction in 
viscosity and strength. Furthermore, changes in rheological behaviour triggered variances in 
behaviour of encapsulated mouse-derived pre-osteoblast cells. Reductions in matrix stiffness had a 
negative effect on expression and subsequent activity of alkaline phosphatase, an early marker for 
osteogenesis.  
This highlighted the potential of using tunable hydrogels to directly influence cell phenotype 
expression. However, further work could be conducted to greater understand how tuning hydrogel 
properties with sonication could influence behaviour of a variety of cell types. Mechanical properties 
heavily influence cell phenotype expression in vivo. To evaluate the extent with which a simple 
sonication method can be used to stimulate such changes, the effect of sonication on mechanical 
properties of multiple biopolymer materials could be investigated. Furthermore, multiple cell types 
could be investigated to evaluate how sonication of hydrogel materials can influence their behaviour. 
Perhaps the most interesting future recommendation is analysis of how rheological changes presented 
in Chapter 4 effect stem cell lineage differentiation. It has been shown that matrix elasticity can 
directly influence stem cell lineage specification (Engler et al., 2006). It could, therefore, be useful to 
provide insight into if sonication can be used to change rheological properties of biopolymer 
hydrogels such that stem cell lineage specification can be tuned.  
8.2 Fluid Gel as a Supporting Media for ALM of Biological Structures 
Chapters 5 and 6 outlined a potential new approach to ALM using soft materials. The aim was to 
build on work outlined in Chapter 4 by analysing cellular behaviour in scaffolds exhibiting multiple 
mechanical properties. Use of particulate gel suspensions (fluid gels) as an ALM supporting media 
was investigated. It was demonstrated that a fluid gel system could be used to support controlled 
deposition and suspension of biopolymer solutions, albeit provided certain mechanical boundaries 
were met. Suspended biopolymer solutions were successfully gelled and extracted, allowing for 
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fabrication of complex structures such as a mineralised gellan helix and biphasic hydrogel scaffolds. 
Tunability of the system was demonstrated with multiple parameters shown to influence the 
resolution of suspended structures. Moreover, by using this system it was possible to fabricate a cell 
loaded, gradient scaffold that exhibited certain properties analogous to native osteochondral tissue. 
Scaffolds contained a gradient in mineralisation, mechanical properties and evidence of successful 
co-culture of osteoblasts and chondrocytes with a controlled interface. At the interface between both 
materials, there was possible indication of chondrocyte hypertrophy with low expression levels of 
type II collagen. However, further investigation is required to confirm this. Future work could involve 
studying chondrocyte behaviour at the interface focussing on hypertrophic markers such as type X 
collagen and ALP expression in chondrocytes (Leboy et al., 1989, Von der Mark et al., 1992).  
This technique could potentially hold a great deal of promise in the field of tissue engineering using 
soft materials. ALM can play an important role in fabrication of patient-specific cell culture scaffolds 
but current difficulties in printing soft materials place limitations on its integration. Depositing 
biopolymer solutions into a particulate gel suspension allows for greater control over formation of 
cell-seeded scaffolds and addresses limitations in layering soft materials into complex structures. 
Using this technique, it is plausible that many complex in vivo environments could be modelled in 
addition to osteochondral tissue. The 4-tiered structure of articular cartilage, for example, could 
potentially be modelled by depositing soft materials into fluid gel supporting media. By creating such 
a structure it may be possible to create scaffolds that can be used to repair damage to this complex 
tissue. Alternatively, the 5-tiered structure of the cerebral cortex could be modelled, providing a 
potential in vitro 3D culture platform for modelling neurodegenerative diseases such as Alzheimer’s. 
Finally, automation of the system could allow for greater control over construct fabrication, 
facilitating creation of completely customisable, patient-specific hydrogel scaffolds for tissue repair.  
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8.3 Controlled Multi-Lineage Differentiation of MSCs within a Single Hydrogel 
Structure 
The final results chapter outlined a study into use of microfluidics in a hydrogel model for triggering 
controlled multi-lineage differentiation in a single MSC population. Channelled agarose hydrogels 
were evaluated with a focus on using 2 separate channels for inducing simultaneous osteogenic and 
chondrogenic differentiation through controlling diffusion of chemical cues. The aim was to create 
an osteochondral model with segregated populations of osteoblasts and chondrocytes and, 
additionally, an interface between both cell types. Control over diffusion of small molecules through 
agarose hydrogels via application of time constraints was successfully demonstrated by an ability to 
selectively deliver supplemented DMEM to encapsulated fibroblasts. Building on this a stem cell 
model was evaluated with an attempt to control diffusion of osteogenic and chondrogenic culture 
media. After 6 weeks of culture histology, bioassays and RT-PCR of encapsulated cells highlighted 
evidence of potential simultaneous osteogenic and chondrogenic differentiation of a single, 
encapsulated stem cell population. There was also evidence of an interface between osteoblasts and 
chondrocytes providing potential support for use of such a system in creating osteochondral models. 
However, expression of osteogenic markers was the lowest in regions close to the osteogenic channel. 
While this result was unanticipated, it could be explained by previous observations on the effect of 
osteochondral culture on osteoblast behaviour (Prasadam et al., 2010, Jiang et al., 2005). Such studies 
have reported a negative impact on expression of osteogenic markers by osteoblasts but the exact 
mechanism is, as of yet, unknown. This could, therefore, present an interesting avenue for future 
investigation. Osteochondral cultures generated by this fluidic system could be used to study how 
chondrocytes and osteoblasts interact at an interface and the subsequent effect this has on expression 
of osteogenic markers.  
Such a system could also have many other potential future applications in terms of tissue culture 
systems. While this study focussed on controlled co-culture of 2 cell types with an aim to create an 
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osteochondral model, other models could be investigated. Hydrogels could be fabricated to contain 
more than 2 media channels. By doing this, more complex co-cultures could be cultivated such as a 
neuronal model containing neurons, astrocytes, microglial cells and oligodendrocytes. Again, such a 
model could be used to study neurodegenerative diseases. Additionally, microfluidic systems within 
hydrogels could be used to create an artificial vascular system for encapsulated cultures by pumping 
media through channels at a continuous rate. This could allow for creation of media gradients within 
hydrogels with a focus on mimicking environments seen in formation of tumours and could allow for 
more effective screening of potential anti-cancer compounds. By introducing drugs through 
microfluidic channels and observing diffusion through hydrogel matrices, this could provide a more 
insightful screening platform than basic 2D monolayer cultures.  
Overall this work has further highlighted the potential of biopolymer hydrogel scaffolds as 3D culture 
models for influencing cell behaviour. Tunability of both mechanical and chemical hydrogel 
properties can direct phenotype expression in encapsulated cells. Taking this into consideration could 
allow for fabrication of hydrogel scaffolds that greater mimic in vivo tissue culture environments.   
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